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Abstract
Among the cardiovascular diseases, the leading cause of death in Europe, is related to
the aortic aneurysm. Despite several studies focus on its rupture risk, limited attention
is reserved to aneurysm formation. The main purpose of this research study is to
assess, from the macro-structural point of view, whether an aneurysm may be instigated
in healthy model of aorta inflated by a supra-physiological pressure. In addition, a
physiologic systolic pressure is applied to estimate the overall arterial response. The
mechanical characterization of the healthy descending aorta is accomplished by means
of uniaxial and equi-biaxial tensile tests performed on porcine tissue. Since no standard
experimental protocol is available for soft tissues, a complete methodology based on
up-to-date techniques is detailed. Several computational analyses have been performed
to highlight the impact on numerical predictions of the pre-conditioning frequency,
the sample shape and the sample thickness measurement. Furthermore, the fitting of
experimental responses appears definitely crucial for numerical predictions. Several
strain-energy functions are compared as part of the isotropic modelling based on uniaxial
mechanical responses. In addition, a Fung orthotropic FE model is generated based on
equi-biaxial mechanical behaviour. A cylindrical and a more physiologic FE geometry
are compared, emphasizing how a different design leads to consistent differences in wall
stress and radial stretch predictions. This study suggests that aneurysm formation is
unlikely to be caused by supra-physiological pressure in a healthy model of descending
aorta. Isotropic models predict the bulge appearance in the abdominal district only for
vselected mechanical responses. However, a localized geometric imperfection could lead
to aneurysm formation in the thoracic district.
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Chapter 1
Introduction
1.1 Background
1.1.1 The cardiovascular system
The cardiovascular system is composed of the heart, blood vessels and blood. The heart
is a muscular pump, which contraction ensures the blood flows from the right atrium
to the right ventricle and then is pumped to the lungs to receive oxygen. Successively,
the blood flows from the lungs to the left atrium, then to the left ventricle. A systolic
pressure (∼ 120mmHg) drives the blood into the systemic circulation, supplying all
organs and body regions (Figure 1.1). Such pressure progressively decreases along
the arterial tree, reaching a minimum in the right atrium (0-3 mmHg). Typically, the
whole amount of blood (∼ 5l) is pumped through the heart approximately in one minute,
being the flow rate directly proportional to the pressure and inversely proportional to
the vessel resistance (Guyton & Hall, 2000). In addition, the larger the vessel diameter
the lower is the resistance.
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Figure 1.1 Schematic model of the cardiovascular system, showing the systemic and pulmonary circula-
tions.
The cardiovascular system executes essential functions for the body. Firstly, it distributes
O2, nutrients, water and hormones throughout the body. Moreover, CO2 and metabolic
waste products are transported from the tissues to the lungs and excretory organs.
Finally, such system contributes to body thermoregulation and to the infrastructure of
the immune system (Aaronson et al., 2012).
1.1.2 Cardiovascular diseases
Any abnormal function of the cardiovascular system is defined as cardiovascular disease.
Cardiovascular disease is the leading cause of death in Europe, and despite recent
decreases in mortality rates in many countries, it is still responsible for over 4 million
deaths per year, close to half of all deaths in Europe. In 2014, 51% of deaths were
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recorded among women and 42% among men (Nichols et al., 2014). Cardiovascu-
lar diseases kill over 160,000 individuals every year in the United Kingdom and still
represent the greatest cause of mortality in women (British Heart Foundation, 2014).
Furthermore, over 40,000 premature deaths of individuals under 75 years of age are
caused by such diseases with more than two thirds of these occurring in men (British
Heart Foundation, 2014). Aortic aneurysm is ranked, depending on the race, as the 8th
or 10th most frequent cause of death in US (Heron, 2015).
Aiming to reduce the mortality, the treatment of such pathologies has a considerable
impact on economy. The first line of defence against the cardiovascular diseases is
screening of risk groups. In addition, a sizeable part of the direct costs can be at-
tributed to the drugs needed by the patients. However, these strategies sometimes
are not effective, or the disease cannot be handled any more with medication. Thus,
minimum-invasive procedures need to be performed (Sommer, 2010). As an example,
the endovascular aneurysm repair (EVAR) procedure consists of two small incisions
in the groin to expose the femoral arteries. The sheathed Dacron or PTFE (polyte-
trafluoroethylene) graft and stents are fed through these arteries by catheters until the
graft is positioned correctly along the aneurysmal segment of aorta. Removal of the
sheath, with or without balloon expansion, allows fixing mechanisms to attach firmly
the graft to the arterial wall, allowing blood to pass through it and remove pressure
from the diseased aortic wall (Greenhalgh et al., 2004). In spite of these advances,
surgery may be needed for several reasons: the catheter cannot be placed reliably,
the patient has multivessel disease, the lesion is at a difficult location or a previously
implanted stent has failed (Sommer, 2010). Therefore, annual costs for screening, drugs,
minimum-invasive procedures and surgeries exceeded £6.8 billion in 2012/13 (British
Heart Foundation, 2014).
As the procedures outlined above affect the vessels mechanically, it is essential to
understand the mechanical behaviour of the vessel wall in order to improve the outcome
of such treatments.
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1.1.3 Anatomy of arteries
Arteries are deputed to transport blood from the heart to the capillary networks through-
out the body. The microstructure of the arteries varies with: the location along the
vascular tree (Tanaka & Fung, 1974), the age (Erbel & Eggebrecht, 2006), the species
(Mello et al., 2004) and the localized vascular adaptations (Rowley et al., 2011). How-
ever, all arterial walls are composed of three concentric layers: the intima, the media
and the adventitia.
The intima consists of a thin layer of endothelial cells, lining the innermost of the arterial
wall. Its extreme smoothness and normal chemical composition prevent the adhesion of
platelets. Endothelial cells are usually flat and elongated in the direction of blood flow;
exceptions occur near bifurcations, wherein the blood flow is complex and the cells are
often polygonal in shape (Davies & Tripathi, 1993; Galbraith et al., 1998). Furthermore,
the endothelium of blood vessels produces chemicals that affect blood pressure such as
nitric oxide (NO), which is a vasodilator, and the peptide endothelin, that stimulates
vessel contraction (Scanlon & Sanders, 2011). A significant thickening and hardening
of the blood vessel is generally observed with aging, leading to a pathological intima
affected by arteriosclerosis (Holzapfel et al., 2000).
The media is the middle layer of the artery, separated from the intima and adventitia by
the internal and external elastic lamina respectively. The internal lamina is essentially a
fenestrated plane of elastin that allows the transport of H2O, nutrients, and electrolytes
across the wall. The media contains smooth muscle cells that are embedded in an
extracellular plexus of elastin and collagen (primarily types I, III, and V) as well as an
aqueous ground substance matrix containing proteoglycans. Strength and resilience
of this composite layer are a result of the smooth muscle cells, elastin and collagen
fibrils arranged in spirals (Holzapfel et al., 2000). The smooth muscle is affected by
the chemicals produced by the endothelium. Hence, the relaxation of smooth muscle
generates the dilation of the vessel and a lower pressure. Conversely, the contraction of
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the muscle layer increases the blood pressure (Scanlon & Sanders, 2011).
The adventitia, the outermost layer, consists primarily of dense network of type I colla-
gen fibres elastin, nerves, fibroblasts and fibrocytes. Helical structures of wavy collagen
fibrils stabilize and reinforce the arterial wall, surrounded by loose connective tissue
(Holzapfel et al., 2000). Similarly to the epicardium of the heart, the collagenous adven-
titia serves primarily as a protective cover of the artery (Humphrey, 2002). Furthermore,
the adventitia provides the nutrition with the arterial and venous vasa vasorum (Erbel &
Eggebrecht, 2006). Holzapfel et al. (Holzapfel et al., 2000) provided an effective model
of a healthy elastic artery (Figure 1.2) in order to represent the fibres arrangement in
each layer.
Figure 1.2 Schematic model of the major components of a healthy elastic artery composed of three
layers: intima, media and adventitia (Holzapfel et al., 2000).
Mechanical properties of the arterial wall depend on the distributions, orientations, and
interconnections of the intramural constituents. Histology reveals that smooth muscle
in the media tends to be oriented circumferentially, whereas type I collagen in the
1.1 Background 6
adventitia tends to be oriented axially. Therefore, arteries are anisotropic (Humphrey,
2002).
The largest systemic artery is the aorta, which consists of the ascending portion, the
so-called arch, and the descending thoracic and abdominal segments (Figure 1.3). The
aortic diameter decreases with the distance from the aortic valve and increases with age
(Nienaber & Fattori, 1999). Although aortic dimension should be normalized to body
size (Nienaber & Fattori, 1999), the diameter of the thoracic segment is about 3 cm,
tapering to about 2 cm in the abdomen (O’ Gara, 2003).
Figure 1.3 The whole aorta consists of the ascending region, the arch and the descending region, which
is referred as thoracic in the upper section and as abdominal below the diaphragm (Website 2).
Aorta experiences a complex mechanical loading due to the pulsatile blood flow ejected
by the left ventriculum: axial tension, radial stretch and, limited for the ascending
segment, torsion (Humphrey, 2002). Thus, an appropriate mechanical response is
required to carry and distribute oxygenated blood to all arteries. Since 1800 the aortic
mechanics has fascinated researchers (Roy, 1881), aiming to understand the mechanical
behaviour in healthy and pathological conditions.
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A micro-structural degeneration of aortic wall layers impairs its mechanical response
and leads to severe pathologies. Among the major cardiovascular diseases are accounted:
the aortic dissection (generating the presence of extraluminal blood within the layers)
and aneurysms (Nienaber & Fattori, 1999).
1.2 Aneurysm: definition and incidence
An aneurysm (from Greek: neÔrusma , meaning widening) is a permanent and ir-
reversible localised enlargement of an artery. The problem associated to the bulge
appearance consists in a weakening of the aortic wall that leads to a progressive di-
latation, which, if left untreated, may result in rupture and death (Nordon et al., 2009).
Furthermore, aneurysm is generally asymptomatic (Sakalihasan et al., 2005) and often
detected as an incidental finding on ultrasonography, computed tomography (CT) or
magnetic resonance imaging (MRI) performed for other purposes (Aggarwal et al.,
2011). An example of aneurysm imaging obtained by CT is reported in Figure 1.4.
Figure 1.4 Volume rendered CT angiogram of an abdominal aortic aneurysm (Website 1).
The incidence of abdominal aortic aneurysms (AAA) is approximately 7% of over
65-year population. Furthermore, the highest prevalence of AAA (5.9%) was found in
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white male smokers between 50 and 79 years (Voitle et al., 2015).
The main diameter of the aneurysm has been well-established in the literature to
correlate with its rupture risk. However, recently it has been suggested that the rate of
expansion is most useful in monitoring small AAAs. Despite similar initial diameters,
AAAs with higher expansion rates may be more likely to rupture (Khan et al., 2015).
Currently, the diagnosis of AAA carried out by NHS (National Health Service, 2014)
depends on the measurement of its antero-posterior diameter of the aorta determined by
means of ultrasound (Scott, 2002), as showed in Figure 1.5.
Figure 1.5 Ultrasound cross-sectional view of an abdominal aneurysm to measure its largest diameter
(Rouet et al., 2010).
Whether the diameter measures between 3 cm and 4.4 cm, an annual scan is performed
to check the rate of expansion. A size comprised between 4.5 cm and 5.4 cm requires
scans to be repeated every three months to record further enlargement. Lastly, above
a dimension of 5.5 cm surgeons usually recommend an endovascular or open surgical
treatment.
Although US recommendations are similar to UK (National Health Service, 2014),
symptomatic aneurysms or fast enlarging ones may be recommended to repair despite
their diameters (Khan et al., 2015).
As a support of the presented procedure, Scott (Scott, 2002; Scott et al., 1998) showed
that substantial reductions in aneurysm-related mortality could be achieved by the
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implementation of a population-screening programme. However, the outcome of screen-
ing may be controversial as people with large aneurysms do not necessarily die from
them, but the surgical repair may result in postoperative mortality (Brady et al., 2000).
Since the surgery is aimed at increasing life expectancy, there is therefore a duty upon
clinicians to identify any other life-limiting pathology and to treat this where possible.
Moreover, perioperative mortality is directly related to patients preoperative physio-
logical status (Hallett Jr., 2000). Thus, surgeon decision appears not easy to take. The
effect of the hospital admission for ruptured AAA has been recently estimated in UK:
the overall mortality rate is counted to be 67.5%. However, 41.6% of the patients did
not undergo surgery (Ozdemir et al., 2015). In addition, a recent study highlighted a
lower in-hospital mortality in the USA compared to England, in spite of similar post
operative mortality rates (Karthikesalingam et al., 2014).
In England and Wales, ruptured AAAs count 6000 deaths per year, making this the 10th
leading cause of death in men over 55 years of age (Anjum et al., 2012). Despite mor-
tality from AAA has declined since the late 1990s, from 40.4 per 100 000 population in
1997 to 25.7 per 100000 population in 2009 (Anjum & Powell, 2012), elective hospital
admissions for aneurysm repair have actually increased in patients aged over 75 years
(Rudarakanchana & Jenkins, 2014).
1.2.1 Hypotheses about the formation
Despite smoking has been found to be a major risk factor (Anjum & Powell, 2012) and
the use of tobacco has been reduced world-wide, the incidence of AAA is increasing.
This has led to uncertainty as to the significance of risk factors generally associated
to aneurysm pathogenesis (Nordon et al., 2009). A number of other aspects, such as
age, sex and ethnicity may predispose to aneurysm formation. In addition, a family
history of atherosclerosis or hypertension requires a significant attention by clinicians
(Aggarwal et al., 2011). Although there is evidence for a genetic predisposition to
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AAA formation demonstrated by both familiar and segregation observational studies, no
single gene has yet emerged as the key to understanding this relationship. Furthermore,
it is considered unlikely that a single gene polymorphism will hold the key to aneurysm
formation (Sandford et al., 2007).
Nowadays, advances in imaging diagnostic tools and endovascular therapies have in-
creased the detection and the repair of unruptured asymptomatic aneurysms respectively
(Seibert et al., 2011). However, the pathogenesis remains unclear as findings from
different biological studies are contrasting. It is believed that AAA results from pro-
gressive degeneration of the aortic wall due to degradation of the extracellular matrix
(Rein et al., 2011). Arterial elastin becomes fragmented and degraded during aging.
Hence, loss of elastin and smooth muscle stimulates a turnover of collagen, commonly
observed during the enlargement of an AAA (Humphrey & Holzapfel, 2012). The
remodelling stage of the aortic wall is mainly regulated by matrix metalloproteinase,
serine and cathepsin proteases. Proteolytic degradation and remodelling of elastin
and collagen are associated with weakening and dilatation of the aneurysm, making
the aneurysm more prone to rupture (Hellenthal et al., 2012). The essential prob-
lem in assigning a clear causality lies in the availability of aortic tissue for histologic
analysis (Nordon et al., 2009). Since the tissue removed after surgery represents the
end-stage disease, it appears difficult to capture experimentally the initiating factor for
aneurysms. Furthermore, the experimental testing of soft tissue cannot rely on any
standard protocol. Therefore, published data are hardly comparable due to considerable
differences in sample preparation and mechanical testing. Despite most recent studies
attempt to characterise healthy thoracic tissue by means of an up-to-date procedure
(Peña et al., 2015), no detailed study has corroborated every aspect of such methodology.
Analytical approaches (Ohm law, Poiseuille law, . . . ) generally give great insight
into the physical interpretation of basic physiology (Guyton & Hall, 2000). However,
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analytical solutions are generally unfeasible for more complicated conditions, such as
cardiovascular diseases. Therefore, computational simulations appear advantageous to
address aneurysm formation, growth, modelling and rupture.
Computational studies have established that the magnitude of the wall shear stress
(WSS) of well-developed aneurysms is significantly lower than that of the healthy
artery (Shojima, 2004). Since the WSS modulates gene expressions and the cellular
functions of the vessel wall, excessively low values may induce the structural fragility
of the aneurysmal wall (Shojima, 2004). As a result, a burst may be predicted. On the
other hand, despite findings about the role of WSS in aneurysm development appear
inconsistent, the initiation of intracranial aneurysms in artificial arterial bifurcation has
been associated to high WSS (Meng et al., 2014). It has been observed that as the aorta
remodels itself during aneurysm formation, the axial stress becomes very significant.
In addition, associated shape changes depend on many factors, such as local areas of
inflammatory-based elastin degradation, position of other organs to block growth in
a certain direction, uncontrolled hypertension and presence of intraluminal thrombus
(Khan et al., 2015). Though such factors appear more significant to evaluate the AAA
rupture risk (Gasser et al., 2014), the overall wall stress of the blood vessel increases
substantially compared to the healthy configuration (Khan et al., 2015).
However, existing CFD simulations (Meng et al., 2006, 2007) assumed the blood to be
a newtonian fluid and the arterial wall was modelled as rigid. The onset and progression
of cardiovascular disease have been linked, among other, to hemodynamics. However,
there is evidence that physiological activity is dependent on variables such as stress and
strain within the tissue (Sommer, 2010).
Therefore, there is the need to investigate the relation between a supra-physiological
inflating pressure and the biomechanical response of the aorta, modelled as hyper-elastic
material, as possible cause for aneurysm formation. Such modelling appears challenging
due to aortic complexity and highly nonlinear behaviour.
Recently, computational simulations have investigated the bifurcation from a membrane
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tube configuration subject to axial loading and internal pressure attempting to justify
aneurysm formation (Alhayani et al., 2013). The material properties of such model
originated from speculative values based on published data. As a result, the formation
of the bulge in the anisotropic model appeared analogous to the one predicted in the
isotropic design. The buckling behaviour of arterial models based on experimental data
has been simulated on healthy and aneurysmal arteries (Lee et al., 2014).
However, it appears that so far no model, based on experimental data acquired by means
of up-to-date protocol, has investigated the bulging of the aorta.
1.3 Aim of this research
The overall purpose of this research study is to assess, from the macro-structural point
of view, whether an aneurysm may be instigated in an healthy model of aorta inflated
over a certain threshold of pressure. This research focuses on the descending segment,
being more commonly affected by aneurysm formations (Voitle et al., 2015). A particu-
lar emphasis is given to the understanding of aortic mechanical properties. Since no
standard procedure is available to perform experimental tests on hyper-elastic materials,
a complete up-to-date protocol has been set up by means of rubber samples and used on
aortic samples. Successively, the wall stress values generated by physiologic pressure
at rest and in supra-physiologic conditions are estimated. An isotropic FE modelling is
compared to anisotropic material design. Lastly, the impact of some experimental mea-
surements (e.g. thickness) or feature (e.g. pre-conditioning) on numerical predictions is
explored.
Therefore, this research covers two main areas: the scrupulous collection of exper-
imental data sets and the design of finite element (FE) models to predict aneurysm
formation in the aorta. For this purposes, uniaxial and biaxial tensile tests have been
performed on samples of porcine aortas by means of up to standard facilities. The
obtained mechanical responses have been fitted by isotropic and anisotropic material
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models well-established in literature. Finally, FE models have been developed to predict
the pressure values that may lead to aneurysm formation.
As additional outcomes of the present work, a novel experimental approach is suggested
to characterise the aneurytic tissue, as well as an original integration of its behaviour in
a FE model to predict aneurysm rupture.
1.4 Organization of the thesis
The present thesis is structured in eight chapters to illustrate the progress of the research
performed. An extensive literature review of uniaxial and biaxial tests is reported in
Chapter 2 to set the scene of the proposed experimental protocols. Furthermore, the
theoretical framework for the applied mathematical models is provided. Finally, the
main modelling features adopted in the state of art for aortic FE design are illustrated.
Chapter 3 presents the methods for the acquisition and the processing of the experi-
mental data collected for development of the aortic model. The experimental tests were
carried out at the University of Portsmouth and at the University College of London
(UCL). A consistent number of tools to post-process the data (e.g. thickness, stress-
strain response, material fitting parameters, . . . ) have been created by means of Matlab
scripts. Chapter 4 shows and discuss the results obtained from all the experimental
testing procedures detailed in Chapter 3.
The implementation process of FE models in Abaqus is described in Chapter 5. The
numerical predictions generated by such computational models are listed and discussed
in Chapter 6. In Chapter 7, overall findings are critically reviewed and the concluding
remarks are presented. Lastly, preliminary FE models, which outcomes determined the
design of experimental planar biaxial tests, are described in the Appendix.
Chapter 2
Literature review
The main purpose of this chapter consists in reviewing the state of art in order to offer a
consistent basis to justify the present research. Besides, the first Section (2.1) introduces
briefly continuum mechanics fundamentals and recaps the isotropic and anisotropic
constitutive models available in literature to describe a hyper-elastic behaviour (Section
2.2). In addition, Section 2.3 summarizes the current experimental techniques adopted
to characterize rubber-like materials. Thus, the state of art concerning rubber and aortic
experimental testing is reviewed, with a particular remark about the storage of soft
tissues. Finally, the finite element method is introduced in section 2.4, pointing out the
principles of the algorithm and its existing applications in the aneurysm field of study.
A separate note is dedicated to the modified Riks method.
2.1 Continuum mechanics basics
In this section, basic concepts, principles, and findings from continuum mechanics that
are essential to describe the mechanical behaviour of hyper-elastic materials, such as
aortic tissue, are presented.
A body is defined as a collection of material particles. Hence, a body configuration
consists in the specification of the positions of each constitutive particle at a particular
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time t. Motion can be defined, therefore, as a sequence of configurations parametrized
by time.
Despite its molecular nature, the macroscopic response of a homogeneous body can
be approximated by assuming locally averaged properties. Hence, stresses and strains
can be described by continuous functions. The position of a body in a reference
configuration, at time t = 0, relative to a coordinate system is defined by a position
vector X. Similarly, the position of the same body in a current configuration, at time t,
is identified by a position vector x (Figure 2.1).
Figure 2.1 A rigid body motion from the reference configuration (β0) to the actual one (βt ) (Humphrey,
2002).
Therefore, the displacement vector u for each material particle is given by:
u = x−X (2.1)
A generic differential line segment dX in the reference configuration (β0) turns into the
vector segment dx in the current configuration (βt). This transformation of vectors is
accomplished by the deformation gradient F, being a tensor defined as follows:
dx = FdX (2.2)
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Furthermore, F can be expressed by polar decomposition as:
F = R U = V R (2.3)
where R represents the rotation tensor, U and V are defined as the stretch tensors in the
reference and in the current configuration respectively. An alternative to the two-points
and not symmetric tensor F is offered by the right Cauchy-Green tensor C:
C = FT F = UT RT R U = U2 (2.4)
This tensor is defined right due to the position of the measure F with respect to its trans-
pose. In the absence of motion (x = X) the deformation gradients F and C correspond
to the identity tensor I. The eigenvalues of the right Cauchy–Green deformation tensor
C are the square of the principal stretches (λ 2i ). The stretch ratio λ represents the ratio
of the deformed length L divided by the initial length L0.
Unfortunately, these tensors are not independent of any rigid body motion (i.e. rotation,
translation). Alternatively, the deformations can be described by the Green-Lagrange
strain tensor, which equals 0 when there is no deformation. This symmetric tensor is
defined as:
E =
1
2
(C− I) (2.5)
In the soft tissue literature, the tensor E is the most common finite strain measure, due
to the simplicity of the constitutive formulations. Specific circumferential and axial
components can be defined under three simplifying assumptions: plane strain mode
that neglects out-of-plane deformation, uniform radial expansion and the vessel wall
approximated as a membrane. The circumferential strain Eθ can be expressed in terms
of the deformations in cylindrical coordinates:
Eθ =
1
2
[(
R
R0
)2
−1
]
(2.6)
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where R0 is the vessel radius at a reference time and R represents the radius measured
at any other time in the cardiac cycle. Similarly, the axial Green-Lagrange strain EZ is
given by:
EZ =
1
2
[(
L
L0
)2
−1
]
(2.7)
where L0 is the axial length at a reference time and L represents the actual length.
Whether a physical body is loaded by external forces, an internal loading state is gener-
ated, which is generally described by the notion of stress (Holzapfel, 2000).
The Cauchy stress tensor (σ ), also known as the true stress, represents a contact force
density measured in the current configuration per unit of current area. Both the force
components and the normal to the area have fixed directions in space. Practically, if
a stressed body is subjected to a pure rotation, the actual values of the Cauchy stress
components will change. What was originally a uniaxial stress state might be trans-
formed into a full tensor with both normal and shear stress components. Furthermore,
the configuration of the body after the deformation appears difficult to appreciate experi-
mentally. Therefore, it appears convenient to relate the measured forces to the reference
configuration.
The first Piola-Kirchhoff stress represents indeed a multiaxial generalization of engi-
neering stress, being defined as the force in the current configuration acting on the
original area. The first Piola-Kirchhoff stress tensor P transforms outward unit normal
n into the traction vector tn such that:
tn =
d f
dA
= P ·n (2.8)
Similarly to tensor F, the first Piola-Kirchhoff is an unsymmetric tensor. In the reference
configuration, a symmetric tensor can be defined considering a fictitious force f ∗ that is
applied on the oriented area NdA. The fictitious force is designated ad follows:
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d f ∗ = F−1d f = d f F−T (2.9)
Hence, we can define a new traction vector t∗n
t∗n =
d f ∗
dA
= S ·n (2.10)
where S is the second Piola-Kirchhoff stress tensor, being symmetric tensor that exists
in the reference configuration (Humphrey, 2002). Stress tensor S has to be regarded as
a pure numeric quantity, for which there is no possibility of a physical interpretation
(Balzani, 2006). The second Piola-Kirchhoff stresses components in the circumferential
(Sθ ) and axial (SZ) directions are respectively given by:
Sθ =
Pri
h
(
R
R0
)2 (2.11)
and
SZ =
(
L0
L
)2[ F
π(r2o− r2i )
+
Pr2i
h(ro+ ri)
]
(2.12)
where F is the axial force, h the wall thickness, ri the inner radius, ro the outer radius
and P is pressure (Pandit et al., 2005).
2.2 Hyper-elastic behaviour
The relation between the stress and the strain in a body subjected to certain forces
represents the main application of the elasticity theory. Hooke’s Law describes a linear
relationship between the stress and small strain values. However, large deformations
are described by means of different expressions (Figure 2.2). In this work, arteries are
modelled as rubber-like materials due to their common stress-strain response.
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Figure 2.2 Elastic stress-strain responses: linear (blue), hyper-elastic (pink) (Garcia et al., 2005).
Hyper elasticity is the capability of a material to experience large elastic strain due to
small forces, without permanent deformations. Truesdell defined hyper elasticity as a
special case of elasticity (Truesdell, 1963).
A hyper-elastic material, also called Green-elastic, is characterized by a nonlinear
behaviour, as its answer to the load is not directly proportional to the deformation.
In 1860, Neumann introduced a general stored-energy function and derived from it
the general constitutive equation of hyperelasticity (Truesdell & Noll, 1965). Such
strain-energy function W indicates the recoverable energy stored in such material as it
deforms (Humphrey, 2002). During an isothermal deformation, W is associated with
the free energy per unit undeformed volume. During an iso-entropic deformation, W
corresponds to the internal energy per unit undeformed volume (Taber, 2004). Therefore,
the Cauchy stress can be expressed by the derivative of W with respect to a stretch
component λi as follows:
σi =−p+λi dWdλi (2.13)
where p is the hydrostatic pressure. Furthermore, W can be expressed as a function
of principal stretches or strain invariants. This aspect will be clarified in Section 2.2.2.
Constitutive models are meant to describe the response of a material to applied loads.
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This reaction depends on the internal constitution of the material. Historically, several
constitutive models have been published to characterize the mechanical response of
rubber-like materials and arterial walls. These formulations are reviewed in Sections
2.2.2 and 2.2.3.
2.2.1 Analogy with rubber materials
Rubber-like materials exhibit an elastic behaviour in a wide range of strain. This feature
is exploited, in the biomechanical field, to obtain an isotropic version of a constitutive
model for arterial wall mechanics. Since the collagen fibres of soft tissues are not
active at low stresses, the mechanical response is assumed to be isotropic (Holzapfel
et al., 2005). Additionally, the use of synthetic materials facilitates the setting up of
novel experimental techniques aiming at a more precise and reliable characterisation
of biological tissues. This is mainly due to minor constraints on storage and sample
preparation, as well as availability and consistency in their mechanical properties, which
makes them advantageous to implement or refine various experimental techniques.
Moreover, rubber minimizes the effect of material variability, which is quite extensive
in biological tissue. Rubber-like materials also exhibit viscoelasticity, which accounts
for a combined viscous, or fluid-like, and elastic, or solid-like, behaviour (Humphrey,
2002). Thus, hydrated tissues are characterized by creep and relaxation, which are
time-dependent phenomenons. As a consequence of viscoelasticity, the Mullin’s effect,
which will be presented in Section 2.3.2, needs to be taken into account.
Rubbers have been widely adopted to reproduce and study aortic disease, such as
aneurysm. Schurink et al. (Schurink et al., 1998) created a rubber model of aneurysm
to study the effect of endoleakage, frequently observed after endovascular repair of
abdominal aortic aneurysm. Holzapfel et al. (Holzapfel et al., 2002, 2005) affirmed that
arteries share a thermomechanical behaviour similar to rubber-like materials. In order to
clarify the effect of the intraluminal thrombus on the transmission of pressure, Hinnen
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et al. (Hinnen et al., 2005) modelled saccular aneurysms made of elastic vulcanized
rubber. Aiming to identify aneurysm sites of rupture, Doyle et al. (Doyle et al., 2009a,b)
implemented silicone experimental models. In order to study the wave reflection along
the arteries, Segers & Verdonck (Segers & Verdonck, 2000) replicated the human arterial
tree adopting handmade tapering rubber tubes.
Therefore, rubber materials have been frequently adopted to mimic in vitro the behaviour
of the arterial wall.
2.2.2 Isotropic models
Isotropic constitutive models are based on the idea that the response of the rubber-like
material is the same in all directions. Therefore, the fibrous nature of an arterial wall is
neglected. This approach has been extensively used to simplify the modelling of arterial
tissue (Doyle et al., 2007; Isaksen et al., 2008; Kobielarz & Jankowski, 2013; Lally
et al., 2004; Scotti et al., 2008; Wang & Li, 2011).
Among the hyper elastic isotropic models, Mooney (Mooney, 1940) presented the
earliest significant phenomenological theory of large elastic deformation. However,
Mooney’s theory is generally known by Rivlin’s formulation (Rivlin & Saunders, 1951)
based on invariants. Isotropic formulations are often expressed in function of strain
invariants, which are defined as follows:
I1 = λ 21 +λ
2
2 +λ
2
3
I2 =
1
λ 21
+
1
λ 22
+
1
λ 23
I3 = λ 21λ
2
2λ
2
3
(2.14)
The third invariant I3 describes the volume change during the deformation. Since the
change in volume of rubber-like materials is negligible compared with the change
in shape (Treloar, 1943), the simplifying assumption of incompressibility is usually
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adopted (Treloar, 2005). Thus, for an incompressible material it follows that I3 = 1.
Therefore, Rivlin & Saunders (Rivlin & Saunders, 1951) proposed a constitutive relation
based explicitly on the first and second invariants:
W =C10(I1−3)+C01(I2−3) (2.15)
where C10 and C01 are material parameters obtained via fitting.
Yeoh (Yeoh, 1993) formulation accounts only the first invariant, as follows
W =C10(I1−3)+C20(I1−3)2+C30(I1−3)3 (2.16)
where C10, C20 and C30 are fitting coefficients. The model will normally be stable
whether the parameters C10 and C30 are positive and C20 is negative. Although dW/dI2
is finite, Yeoh suggested to neglect it as it is generally sufficiently small. The simplest
constitutive model is the Neo-Hookean model (Treloar, 1943), which can be viewed as
a simplification of the previous model:
W =C10(I1−3). (2.17)
The eight chain model presented by Arruda and Boyce (Arruda & Boyce, 1993) adopts
an invariant and a stretch:
W = µ
5
∑
i=1
Ci
λ 2i−2m
(Ii1−3i) (2.18)
where µ is a material parameter function of the initial shear modulus µ0, Ci are related
to the series expansion form of the inverse Langevin function and λm is the locking
stretch. Other strain energy functions are function of the first and second invariant
2.2 Hyper-elastic behaviour 23
implicitly, such as Ogden (Ogden, 1972):
W =
N
∑
i=1
µi
αi
(λαi1 +λ
αi
2 +λ
αi
3 −3) (2.19)
where µi and αi are temperature-dependent material parameters that allow a good fit
of the theoretical description to the experimental data (Ogden, 1972). In Abaqus, the
factor multiplying the sum of deviatoric principal stretches is different, being 2µi/α2i .
Rubber shows strain-hardening at large strains as the long flexible molecular strands that
comprise the material cannot be stretched indefinitely. Therefore, Gent’s strain-energy
function (Gent, 1996) takes into account this feature in the following form:
W =−C1Im ln
(
1− I1
Im
)
+C2 ln
[
I2+3
3
]
(2.20)
where Im represents the maximum stretch ratio.
Marlow’s strain-energy function (Marlow, 2003) is defined differently from the previous
ones. The nominal uniaxial stress τ1(ε) is integrated over the strain interval [0,ε∗]:
W (ε) =
∫ ε∗
0
τ1(ε)dε. (2.21)
Similarly to Yeoh, Delfino et al. (Delfino et al., 1997) neglected the second invariant,
assuming the arterial wall to be isotropic and homogeneous by means of the following
exponential strain-energy function:
W =
C1
C2
[
e
C2
2 (I1−3)−1
]
(2.22)
where C1 and C2 are the material constants. Another approach, formulated as regression
of experimental data, has been introduced by Raghavan & Vorp (Raghavan & Vorp,
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2000) to describe the mechanical behaviour of the AAA wall:
W =C1(I1−3)+C2(I1−3)2 (2.23)
Recently, Volokh (Volokh, 2008) argued that the energy increase of a material should
be limited as the idea of intact materials at increasing strains is unphysical. Therefore,
the average bond energy φ is assumed to be the material failure energy in the following
general expression:
ϕ(W ) = φ −φe−Wφ (2.24)
where ϕ(W = 0) = 0 and ϕ(W = ∞) = φ . In the case of the intact material behaviour,
W ≪ φ , we have ϕ(W )≈W .
The reviewed formulations are the most common strain-energy functions encountered
in literature to describe isotropic hyper-elastic materials also in the context of biological
tissue.
2.2.3 Anisotropic models
Despite several biomechanical studies are based on isotropic assumptions, a couple
of strain-energy functions take into account the anisotropic nature of soft tissues. His-
tology indeed highlights the anisotropic nature of arterial walls due to the constitutive
framework of collagen that carries the load, as already mentioned in Section 1.1.3.
In a seminal paper, Fung et al. (Fung et al., 1979) represented the artery as a membrane,
which constitutive model depends only on the circumferential and axial deformations.
The exponential form of the strain-energy function has been preferred to analyse
systematic variations due to different factors, such as the age, the influence of drugs
or the effect of hypertension. Furthermore, the derivation of the expression for strains
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in terms of stresses is shown being easier compared to a polynomial constitutive form.
Hence, the three-dimensional stress-strain behaviour of a soft tissue can be described
by a strain-energy function W that is exponential in terms of the Green strain:
W =
C
2
[
eQ(E)−1
]
(2.25)
being C a model constant having units of stress, and Q a polynomial function of the
components of E, including linear, quadratic, and cubic terms. Materials that are
described by equation 2.25 are generally called Fung elastic (Humphrey, 2002). Over
years, however, experience revealed that it was actually better to neglect the linear and
the cubic terms (Fung, 1993). Hence, Q assumes a quadratic form:
Q = a1E2θθ +a2E
2
ZZ +2a4EθθEZZ (2.26)
where ai are dimensionless material model constants. In particular, parameters a1 and
a2 quantify the material stiffness along the normal strain directions, while a4 is related
to the shear stiffness (Ma et al., 2007; Pandit et al., 2005). In order to expand such
strain-energy function in terms of the nine strain components, Q can be written in the
following form:
Q = a1E2θθ +a2E
2
ZZ +a3E
2
RR+2a4EθθEZZ +2a5EZZERR+2a6EθθERR
+a7E2θZ +a8E
2
θR+a9E
2
ZR
(2.27)
where R,θ ,Z are polar coordinates in the radial, circumferential and axial directions
respectively (Fung et al., 1979). As a result, second Piola-Kirchhoff stress components
Si j can be expressed as partial derivatives of W:
Si j =
∂W
∂Ei j
(2.28)
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being Ei j the components of the Green-Lagrange strain tensor E. It is well known
that most soft tissues exhibit hysteresis (Lee et al., 1967; Rickaby & Scott, 2013),
and thus they are not strictly elastic. However, the loading and unloading curves be-
come repeatable following multiple cycles of testing. Hence, Fung proposed that such
behaviour can be separately assumed to behave elastically in loading and unloading,
defining a pseudoelastic behaviour (Fung et al., 1979). In this way, quantification of
the stress-strain relations in loading and unloading simply requires separate sets of the
material parameters. At this point it is important to note that Fung’s approach, like
most in solid mechanics, is phenomenological. The equation 2.25 acts as a quantitative
descriptor based on macro observations of tissue behaviour, not a detailed analysis of
the microstructure or detailed information on the mechanical behaviour of the individual
constituents (Humphrey, 2002).
An approach able to capture the nature of such constituents, is based on the idea of
including an anisotropic contribution to the initial isotropic problem. Hence, the strain-
energy function would take the form W =Wisotropic+Wanisotropic. The isotropic com-
ponent accounts for the elastin-dominated ground matrix modelled as a Neo-Hookean
model, and the anisotropic component takes into account the collagen represented by
the Fung model. Hence, Holzapfel et al. (Holzapfel et al., 2000) proposed to represent
the strain-energy stored in a composite material reinforced in two preferred directions
indicated by the invariants I4 and I6. Both invariants can also be expressed as a function
of the main stretches as follows:
I4 = λ 21 cos
2θ1+λ 22 sin
2θ1
I6 = λ 21 cos
2θ2+λ 22 sin
2θ2
(2.29)
where λi are the principal stretches, θ1 and θ2 represent the fibres directions. This con-
stitutive model, intended as phenomenological and not as a structural model, is referred
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as the Holzapfel-Gasser-Ogden (HGO) model, which has been recently (Holzapfel
et al., 2005) reformulated as follows:
W = µ(I1−3)+ k12k2
(
ek2[ρ(I4−1)
2+(1−ρ)(I1−3)2]−1
)
. (2.30)
In the equation 2.30, the first invariant I1 characterizes the isotropic mechanical response
of the elastin. Positive parameter k1 has stress dimensions, while k2 is dimensionless.
The ρ ∈ [0,1] parameter is also dimensionless and accounts for the fibres dispersion.
However, ρ has no histological meaning (García et al., 2011).
Despite numerous isotropic and anisotropic constitutive models have been listed, the
practical use of some of them (Delfino et al., 1997; Gent, 1996; Volokh, 2008) may be
complicated, being not implemented in standard software (e.g. Abaqus). Furthermore,
depending on the available stress-strain data, an higher polynomial order (Ogden, 1972;
Yeoh, 1993) may offer a more accurate fitting compared to first order (Treloar, 1943).
Finally, further analyses, such as the observation of fibres direction (Holzapfel et al.,
2005), are required ahead certain fitting procedure. Thus, the choice of the strain-energy
function, which will be carefully addressed in Chapters 5 and 6, relies on multiple
factors.
2.3 Experimental data available
Nowadays, generic tensile tests are performed by automatic machines, able to measure
simultaneously multiple parameters, such as force, displacement, temperature, number
of cycles, test speed rate and duration. Nonetheless the improved technology, the
adopted testing methodology remains a critical aspect for the proper characterization of
rubber-like materials. In the following sections 2.3.1 the measuring techniques explored
during this research are presented. Furthermore, the state of art concerning experimental
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testing of rubber materials and aortic tissues is reviewed in section 2.3.2. Finally, the
current storage practice of soft biological tissues is presented in section 2.3.3.
2.3.1 Measuring techniques
Testing machines are designed to apply a force to a specimen in order to determine its
strength and resistance to deformation. These machines are meant to drive a crosshead
at a controlled rate, applying a tensile load to a specimen. The load-applying mecha-
nism of the machines involved in this research is servo hydraulic (hydraulic pump and
servo hydraulic valves) or electromechanical. Current testing machines use strain-gage
load cells, arranged for tensile or compressive loading. Their output signal is the load,
commonly indicated in N.
Aiming to produce the stress-strain plot of an experimental test, the values of displace-
ment or strain need to be acquired as well. Therefore, three different options to measure
the deformation of rubber-like materials are presented: the machine crosshead, the
video-extensometer and the digital image correlation.
Machine crosshead
The machine crosshead measures the specimen elongation in the gage length. However,
elastic deflections in components such as machine frame, load cell, grips and specimen
ends contribute to the measured elongation. In order to calculate the displacement, the
elongation value has to be related to the initial conditions during which the specimen is
crimped in the testing machine, but no load is applied yet (ASM, 2004).
Video-extensometer
Several devices are available to evaluate the elongation of the region of interest within
each sample. However, strain gages and clip-on extensometer are not the best option
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for hyper-elastic materials, since they introduce a consistent damage in such samples.
Furthermore, rubber-like specimens appear bended under the weight of the mentioned
measuring systems. Therefore, optical devices are preferred to obtain strain measure-
ment (ASM, 2004).
A video-extensometer provides non-contact, high-resolution measurement of tensile
and compressive sample deformations. A full image video-camera is focussed on the
test specimen upon which contrasting marks, also called targets, have been marked or
attached (Figure 2.3).
Figure 2.3 Video-extensometer focussed on the targets attached on sample surface.
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The field of view depends upon the focal length of the lens fitted and the camera’s
distance from the specimen. The camera’s chip (CCD or CMOS) confines any error in
measurement to lens defects and to the distance between specimen and camera during
testing. The selected target points are indicated on the monitor and the operator has
to confirm the correct selection. Whether wrong targets are recognised, the operator
can manually select the correct ones. The associated software ensures the distance
between targets is continuously measured in real time during testing. Thus, the video-
extensometer automatically calculates the measured extension as a percentage of the
original length. Calibration is required exclusively to obtain actual extension values
(Messphysiks Material testing GmbH).
Digital Image Correlation
Among the presented measuring techniques, Digital Image Correlation (DIC) is the
most recent, being an effective and flexible optical tool to obtain full-field deformation
measurement. In essence, the region being measured on a reference image is mathemat-
ically translated, rotated and deformed until the best fit to the region on the deformed
image is obtained (Gao & Desai, 2010). Artificially applied speckle patterns or natural
texture on a specimen surface are recorded during an experiment by means of two cam-
eras. The speckle pattern is generally produced by randomly spraying can or airbrush.
The spray method is generally used to paint randomly soft tissues surfaces in front of
the CCD camera (Krehbiel & Berfield; O’Leary et al., 2014; Zhang & Arola, 2004).
Alternatively, nuclear staining can be obtained by means of ethidium bromide (Badel
et al., 2011). The quality of the speckle pattern affects the measured displacements
(Pan et al., 2008). The cameras should be positioned somewhat symmetrically about
the specimen. Despite this exact angle between the cameras is not a severe requirement,
a broad range of angles between 15◦ and 45◦ is generally suggested (Vic, 2007).
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The DIC method requires that the region of interest in the reference image is specified, in
order to create a virtual grid. To the extent of computing the displacements of a selected
point P, a square reference subset of pixels from the reference image is chosen and
used to track its corresponding location in the deformed image (Figure 2.4). A square
subset, rather than an individual pixel, is selected for matching as a wider variation in
grey levels can be more uniquely identified in the deformed image. To evaluate the
degree of similarity degree between the reference subset and the deformed subset, a
cross-correlation (CC) criterion or sum-squared difference (SSD) correlation criterion
must be predefined. The matching procedure is completed through searching for the
peak position of the distribution of the correlation coefficient.
Figure 2.4 Basic principle of 2D DIC: the target subset of the undeformed image (left) is matched to the
corresponding in the deformed image (right) by means of a cross-correlation criterion (Pan et al., 2009).
Once the facets have been matched, the full-field displacement is automatically com-
puted by tracking the change in position of points on digitized images. Subsequently,
the strain field is obtained by derivation on displacement gradients (Palanca et al., 2015).
Similarly to the video-extensometer, each camera focus and aperture needs to be ad-
justed to the specimen. However, a supplemental light has to be carefully set, in order to
avoid excessive or limited brightness. Furthermore, the DIC calibration process is more
time consuming compared to video-extensometer. When the speckle pattern on sample
surface does not fulfil all the requirements, no complete calibration can be achieved.
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Hence, another sample needs to be prepared. An average time of 30 minutes may be
needed for each sample subjected to DIC, while the video-extensometer halves such
time.
Lastly, the operating principles of 3D-DIC are similar to 2D-DIC. Such extended anal-
ysis can be performed by using two or more cameras in stereoscopic vision (Palanca
et al., 2015).
As a conclusion of the present section, the region of interest of each measuring technique
described in the present section is highlighted in Figure 2.5.
Figure 2.5 Comparison of area on which each measuring technique focus in order to estimate the
elongation (crosshead, video-extensometer) or strain (DIC). Further details on the present picture will be
given in Section 3.2.1.
2.3.2 State of the art
The uniaxial tensile test represents the preferred approach to obtain mechanical proper-
ties (Shergold et al., 2006; Sokolis et al., 2002; Vahapoglu et al., 2011) due to its simple
setup and to its limited cost compared to other more complex tests, such as indentation
or inflation. However, a complete understanding of a material mechanical behaviour
requires an additional biaxial test. Although this research is focussed on aortic wall
tissue, rubber has been extensively adopted to implement the experimental procedures
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that will be presented in Chapter 3. Therefore, in this Section a brief review about
rubber-like materials precedes the actual literature of aortic tissue experimental testing.
In the history of rubber materials, Treloar is considered a pioneer, as he tested an
8% Sulphur vulcanized rubber strip (10 mm x 3 mm) in 1943 (Treloar, 1943). The
sample was stretched by adding weights to a lower clamp and the deformed length was
measured by a travelling microscope. As the test execution was manual, the rate of
extension was not controlled. Similarly, Rivlin & Saunders (Rivlin & Saunders, 1951)
tested a vulcanized rubber strip (50 mm x 8 mm), drawing two thin ink lines on it as
references. The distance between the lines was measured by means of a cathetometer.
Differently, Kawabata et al. (Kawabata et al., 1981) performed a general biaxial test on
a 115mm2 sample, clamped by nine chucks on each edge and simultaneously stretched
by two servo controlled systems. The stretch ratio of the specimen along each direction
was measured by a potentiometer. This work reports the biaxial experimental data set,
from which uniaxial and pure shear data can be retrieved.
The technology available at that time clearly limited the acquisition of accurate experi-
mental evidences. Nowadays, the limitation is represented by the methodology adopted
to perform such tensile tests.
Mechanical pre-conditioning Hyper-elastic materials exhibit an appreciable change
in their mechanical properties resulting from the first extension. Most of the softening
appears after the first load: lower force values are recorded for the same applied stretch
(Figure 2.6). After a few cycles, the material response is stable and repeatable, aside
from a fatigue effect (Diani et al., 2009). According to the damage model (Beatty &
Krishnaswamy, 2000), a virgin material consists of a hard phase, made of cross-linked
particles, and a soft phase, being the rubbery one. As the deformation of the virgin
material progresses, a volume fraction of the initial hard phase is transformed into soft
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phase. The new soft phase depends only on the maximum previous stretch (Beatty &
Krishnaswamy, 2000). Hence, the softening is due to the breaking of the cross linked
molecules (Bhowmick, 2008). This phenomenon, referred to as the Mullins effect,
proves that a mechanical behaviour is unique after a certain pre-conditioning.
Figure 2.6 Typical softening behaviour of a biological specimen under tension. The process starts from
an unstressed virgin state at P0 and the loading path A and the unloading path B returning to the unstressed
state. Reloading commences along the path C that lies below the path A. Unloading of the biological
specimen from the point P2 follows the grey path below path B. This phenomenon is referred as hysteresis
(Rickaby & Scott, 2013).
However, the number of pre-conditioning cycles appears not to be standardized. At-
tempts to incorporate mandatory mechanical conditioning into ISO standards have met
with resistance because trials with certain particular tests have failed to produce evidence
that the effect is large enough to be significant (Brown, 2006). Although British standard
(BS ISO, 2012) suggests tensile testing procedures for rubber, no exhaustive indication
about the mechanical pre-conditioning (often referred to as scragging) procedure is
reported. In order to improve the test reproducibility, the general recommendation
consists of subjecting the test piece to several pre-conditioning cycles before taking
stress–strain measurements (Luo et al., 2010). Since 1995 the only recommendation
available has been the number of pre-conditioning cycles and temperature to be used in
the test series (BS 903-1, 1995; ISO 4664, 1998).
Furthermore, a number of studies reported the value of actuator speed selected for
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the uniaxial tensile test. For example, Jerabek et al. (2010) elongated polypropylene
specimens at 0.01 mm/s, Cox et al. (2008) stretched polydimethylsiloxane dumb-bells at
0.2 mm/s, ISO standard (ISO 37, 2005) suggests to test small dumb-bells at 3.33 mm/s,
while Shergold et al. (2006) preferred to pull their silicone dumb-bells at 8.33 mm/s.
Rarely, the value of frequency selected to perform the pre-conditioning is reported
(Sahakaro & Beraheng, 2008).
Therefore, the experimental testing of hyper-elastic materials still remains critical: no
complete standard protocol has been produced for rubber materials.
Mechanical testing of aortic tissue
The lack of a standard procedure for rubber becomes even more evident when it comes
to hyper-elastic tissues. The mechanical characterization of aortic tissue remains highly
heterogeneous.
Historically, Roy (1881) is considered the pioneer of uniaxial tests performed on human
aorta, which anisotropy and elasticity have been documented. About a century later,
Tanaka & Fung (1974) pointed out the importance of the pre-conditioning to overcome
the Mullins effect and proved variations of mechanical properties along the aortic
tree. Successively, several works attempted to characterize healthy (Holzapfel, 2006;
Raghavan et al., 1996) and aneurytic aortic tissue (Di Martino et al., 2006; Raghavan
et al., 1996; Xiong et al., 2008). However, the comparison of the obtained data remains
challenging due to unique experimental procedures adopted in each study. Despite
experimental data collected from rabbit (Sokolis et al., 2006) and bovine aortas (Chow
& Zhang, 2011) are available, only most recent studies regarding porcine and human
aortas are reviewed in this section.
Sample shape and clamping While uniaxial tensile tests are mostly performed on
strips (Holzapfel, 2006; Pierce et al., 2015; Raghavan et al., 2006) cut out of the
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aortic tissue (Figure 2.7), a number of studies preferred dumb-bell shaped specimen
(Iliopoulos et al., 2009; Weisbecker et al., 2012).
Additionally, there are no typical sample dimensions for aortic samples, as reviewed in
Table 2.1.
Figure 2.7 Uniaxial tensile test performed on a strip cut longitudinally from human abdominal aneurytic
tissue (Raghavan et al., 2006).
Shape Sample dimensions [mm] Reference
Strip 25 x 5 Kobielarz & Jankowski (2013)
Strip 25 x 7 (Di Martino et al., 2006)
Strip 30 x 5 (Holzapfel, 2006)
Strip n.a. x 8 (Raghavan et al., 2006)
Strip 20 x 5 (Xiong et al., 2008)
Strip 25 x 25 (Lillie et al., 2010)
Strip 17 x 3 (Maher et al., 2012a)
Strip 15 x 4 (Pierce et al., 2015)
Dumb-bell approx. 24 x 12.7 (Mohan & Melvin, 1982)
Dumb-bell 35 x 10 (Iliopoulos et al., 2009)
Dumb-bell 37.3 x 8.7 (Weisbecker et al., 2012)
Table 2.1 Review of sample shape and dimensions adopted for uniaxial tensile testing of porcine or
human aortic tissue. Dumb-bells dimensions are intended as length and width at the clamping region.
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In addition, a few studies applied a mechanical pre-conditioning to aortic samples, but
a limited number of them reported the number of cycles performed: 2 cycles (Duprey
et al., 2010), 3 cycles (Kobielarz & Jankowski, 2013), 4 or 5 cycles (Mohan & Melvin,
1982) or 10 cycles (Xiong et al., 2008). Similarly to rubber materials, the range of
crosshead speed values is wide: 0.017 mm/s (Holzapfel, 2006)(Balzani, 2006), 0.033
mm/s (Kobielarz & Jankowski, 2013), 0.05 mm/s (Xiong et al., 2008), 0.083 mm/s
(Pierce et al., 2015) and 0.167 mm/s (Duprey et al., 2010).
The displacement is generally recorded by means of a video-extensometer (Holzapfel,
2006; Kobielarz & Jankowski, 2013; Pierce et al., 2015; Weisbecker et al., 2012).
However, when no clear detail is given it is assumed that the crosshead measurement is
chosen.
Shape Gripping Sample dimensions [mm] Reference
Square Hooks 15 x 15 (Matsumoto et al., 2009)
Square Clips Not specified (Zemanek et al., 2009)
Square Hooks 20 x 20 (Tong et al., 2011)
Square Hooks 15 x 15 (Schriefl et al., 2012)
Square Not specified 20 x 20 (Zou & Zhang, 2012)
Square Not specified 15 x 15 (Zeinali-Davarani et al., 2013)
Square Hooks 14 x 14 (O’Leary et al., 2014)
Cruciform∗ Clamps 55 x 55 (Virues Delgadillo, 2010)
Circular Hooks 30 (diameter) (Raghavan et al., 2011b)
Table 2.2 Review of sample shape, gripping method and dimensions adopted for biaxial tensile testing of
porcine or human aortic tissue. ‘∗ ’ dimensions include the clamping region.
Biaxial planar tests are usually performed on square shaped samples (Zeinali-Davarani
et al., 2013; Zemanek et al., 2009). However, different methods are chosen to grip the
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sample, as reviewed in Table 2.2. Clamps are convenient to clamp quickly each side of
the sample. However, as detailed in the Appendix, they introduce significant boundary
effects due to the sample squeezing. Such squeezing can be limited by choosing clips,
which are also easy to manage. The main advantage of hooks consists into avoiding any
sample squeezing, hence boundary effects are minimum. In spite of that, it is usually
difficult to distribute equally the hooks on each side. However, a convenient and recent
solution to this problem is presented in Section 3.2.4.
The experimental setup adopted to test some of the samples reviewed in Table 2.2 are
showed in Figure 2.8.
Figure 2.8 Review of experimental setups adopted in literature to investigate the mechanical biaxial
behaviour of aorta. A) Square sample gripped by hooks (Tong et al., 2011), B) Square sample gripped
by hooks (Schriefl et al., 2012), C) Cruciform sample clamped (Virues Delgadillo, 2010), D) Circular
sample gripped by hooks (Raghavan et al., 2011b).
Rarely, details about the pre-conditioning performed before biaxial tests are available in
the open literature. As an exception, Zou & Zhang (2012) examined the behaviour of de-
cellularized samples of porcine thoracic aorta by applying 8 cycles of pre-conditioning.
The same number of cycles has been chosen by Zeinali-Davarani et al. (2013), while
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O’Leary et al. (2014) performed 10 cycles on smaller specimens. Comparing the
mechanical behaviour obtained during the first six cycles, Zemanek et al. (2009) con-
cluded that no substantial change related to pre-conditioning occurs in equi-biaxial
tests, where no preferential direction of applied force exists. Differently, the effect
of pre-conditioning can be spotted for a pronounced alignment of the collagen fibres
towards the applied force, achieved by uniaxial tests.
In order to apply selected stress values to stretch the sample, few tensile tests have been
carried out in load control (Tong et al., 2011), while other works adopted a displacement
controlled protocol (O’Leary et al., 2014; Schriefl et al., 2012; Virues Delgadillo, 2010).
Typically, a CCD camera was used to trace the position of the marker dots, placed in
the central region, and determine the tissue strains in both directions throughout the
biaxial deformation (Matsumoto et al., 2009; Zemanek et al., 2009; Zou & Zhang,
2012). However, other studies preferred the DIC applying a speckle pattern on the
sample (O’Leary et al., 2014).
Inflation and indentation Mechanical properties of materials can be collected also
by other biaxial tests, such as inflation and indentation.
Inflation tests evaluate mainly the diameter variation in response to the internal pressure
applied by a pump. In the investigations focused on arteries, Tyrode’s solution (Vychytil
et al., 2010) or PBS (Lee et al., 2012; Lillie et al., 2010) was adopted to inflate the
vessel. Although this test could be the closest to the actual in vivo conditions, no wall
stress can be appreciated by only one camera (Lee et al., 2012; Lillie et al., 2010;
Vychytil et al., 2010). Differently, two cameras can capture the stress-strain behaviour
of the sample (Kim & Baek, 2011). However, several additional details require attention:
the chamber where the sample is located, the grips, the pipes carrying the liquid and
the pump. Thus, the setup for inflation is definitely more complex compared to other
experimental tests.
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On the other hand, indentation tests may appear simpler to arrange. However, the shape
of the indenter head is not obvious. In the state of the art, cylindrical (Karduna et al.,
1997; Sugita & Matsumoto, 2013) or spherical (Cloonan et al., 2012; Cox et al., 2008;
Selvadurai & Yu, 2006) indenter heads have been adopted. Although different sizes of
indenter heads have been compared (Cox et al., 2008), it seems not clear which should
be the ratio between the head and the sample dimension. Furthermore, it is expected
that the indenter will induce the highest stress levels in the central part of the sample.
Hence, the region of interest is restricted and influenced by the indenter head.
Therefore, planar biaxial tensile tests have been preferred.
Thickness measurement It is worth reviewing another aspect of experimental cam-
paigns that highlights, once again, the lack of a standard protocol. Thickness mea-
surement of soft tissues is notoriously difficult, since they can be easily squeezed, and
affects the calculation of engineering stress, as it is adopted to estimate the undeformed
cross-sectional area of the sample. Hence, the stress-strain curve, describing the tissue
mechanical behaviour, can be severely affected. In addition, sophisticated numerical
models often rely on mechanical responses obtained from experimental tests. There-
fore, experimental data that will be imported in the model need to be acquired more
rigorously.
Throughout experimental testing, force values are objectively measured by the load cell,
while the evaluation of sample thickness is arbitrary with no universal methodology
adopted. Typically, the thickness is assumed constant for all samples tested (Choudhury
et al., 2009) and rarely it is estimated for each specimen (Pierce et al., 2015; Sokolis
et al., 2002). As a standard protocol is still missing, even some of the most recent
studies do not specify the methodology adopted to evaluate the specimen thickness
(Bailly et al., 2014, 2012; Vahapoglu et al., 2011). Currently, a variety of experimental
methods are available to measure the thickness: laser micrometer (Di Martino et al.,
2006; Iliopoulos et al., 2009; Sokolis et al., 2002), video-extensometer (Holzapfel et al.,
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2005; Weisbecker et al., 2012), constant force thickness indicator (Choudhury et al.,
2009), digital calliper (Fitzpatrick et al., 2010; Raghavan et al., 2011a; Stemper et al.,
2007) or dial gauge (Sugita & Matsumoto, 2013). Similarly, no agreement has been
reached to date about the reference configuration that should be used to measure the
sample thickness, as they can be totally unloaded (Vande Geest et al., 2006), loaded
into grips (Raghavan et al., 2011a) or sandwiched between metal plates (Sugita &
Matsumoto, 2013) when the measurement is conducted.
Recently, Shang et al. (2015) emphasized that no universal measuring technique has
been established for tissue specimens.
2.3.3 Storage of biological tissue
The tissue preservation for short periods is commonly achieved by means of temporary
cold storage. However, in order to collect the most realistic experimental data, a
refrigeration or freezing process has to be selected.
Stemper et al. (2007) investigated the effect of the storing process on tissue mechanical
properties. Their results highlighted that sub failure stress, ultimate stress, and Young’s
modulus were decreased in refrigerated compared to fresh and frozen specimens of
porcine descending aortas. Furthermore, no significant change in elastic modulus or sub
failure and rupture stress and strain after freezing at −20◦C and −80◦C for 3 months.
Similarly, Virues Delgadillo (2010) concluded that the mechanical properties of porcine
aortas were not significantly altered after preserving the tissues for two months in Krebs
solution with dimethyl sulfoxide (DMSO) (at −20◦C or at −80◦C) or in isotonic saline
solution at −20◦C.
Chow & Zhang (2011) observed that 4◦C refrigeration led to a decreased initial slope
and an increased stiff slope after 48 hours of storage. Conversely, the −20◦C and
−80◦C storage conditions did not show changes in the initial slope. Therefore, with the
purpose of limiting possible biochemical and microstructural changes in the artery due
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to storage, they recommended freezing protocols (−20◦C or −80◦C) over refrigeration
(4◦C).
Recently, O’Leary et al. (2014) concluded that despite minor changes of the tissue
weight, no significant difference in biaxial mechanical properties can be observed before
and after freezing at −20◦C. Furthermore, no substantial difference has been noticed in
relation to the storage time, as samples stored for up to one year were compared.
2.4 Finite Element Method
The behaviour of a generic system depends upon the geometry or domain of the system,
the properties of the material, and the boundary, initial and loading conditions. The
solution of complex systems is quite difficult to solve via analytical means. Therefore,
most of the problems are nowadays solved using numerical methods. Among these, the
methods of domain discretization championed by the Finite Element Method (FEM) is
the most popular, due to its practicality and versatility.
The FEM is a numerical method seeking an approximated solution of the distribution of
field variables in the problem domain that is difficult to obtain analytically. It is done
by dividing the problem domain into several elements. Known physical laws are then
applied to each small element, each of which usually has a very simple geometry.
2.4.1 Principles of the method
The classical displacement-based finite element formulation is well established in many
commercial finite element codes. The results provided are generally accurate. An
exception occurs for problems involving an incompressible hyper-elastic material. Let’s
consider a tridimensional body, consisting of an isotropic material and described by
Young’s modulus E and Poisson’s ratio ν . The pressure (p) in the body is equivalent to
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the negative average stress, defined as:
p =−σav =−13(σxx+σyy+σzz) (2.31)
where σxx, σyy and σzz are the normal stresses. Equation 2.31 can be expressed as a
function of volumetric strains as follows:
p =− E
3(1−2ν)εV =−κεV (2.32)
where κ is the bulk modulus and εV is the volumetric strain. The volumetric strain
is namely the ratio between the deformed volume and the original one. Therefore,
εV is equivalent to the sum of principal strains εxx, εyy and εzz. When Poisson’s ratio
approaches 0.5, which happens for nearly incompressible materials, the bulk modulus
κ tends to infinite and the volumetric strain to zero. Hence, a very fine finite element
discretization is required to obtain good solution accuracy. However, it has been noticed
that when ν = 0.499 the stress prediction becomes very inaccurate even for fine mesh.
In this case a mixed finite element formulation is required to avoid volumetric locking
problems. In the analysis of almost incompressible behaviour, a formulation that locks
leads to underestimated displacements, which affect the derived value of strains and,
consequently, predicts very inaccurate stress values. Therefore, a decomposition of the
stress tensor into a volumetric and a deviatoric component is performed to avoid the
volumetric locking effect. Such decomposition was firstly introduced by Herrmann
(Herrmann, 1965). Successively, an hybrid formulation was defined by interpolating
displacements (u) and pressure (p) (Sussman & Bathe, 1987).
The basic problem in a general nonlinear analysis is to find the equilibrium state of a
body corresponding to the externally applied loads (R) in the current deformed geometry.
The principle of virtual work states that the external loads, applied to deform a body,
are in equilibrium with the stresses developed within the material as an internal reaction.
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The integral weak form of this principle constitutes the fundament of the finite element
method.
A materially-nonlinear-only formulation, based on engineering stress and strain, is more
effective for small displacements and strains. On the other hand, large displacements
are typically modelled by means of a total Lagrangian formulation, which takes into
account second Piola Kirchoff stress (S) and Green Lagrange strain (E). Furthermore the
Lagrangian approach follows all particles of the body in their motion, hence it appears
an effective analysis of solids and structures (Bathe, 1996).
Since hyper-elastic materials can be described by means of an incremental potential,
the principal of virtual work is
R =
∫
Si jδEi j dV (2.33)
meaning that the variation of the integrated internal stress potential (S) must equal the
variation of the external loading (R) potential (Sussman & Bathe, 1987). Therefore,
the principle of virtual work expressed by the u/p formulation in total Lagrangian
formulation assumes the form:
t+∆tR
0
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0Fp
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
U
P
 (2.34)
where R is the vector of load externally applied, F is the vector of equivalent nodal
forces and K is the stiffness matrix (Bucchi & Hearn, 2013a). The stiffness matrix
represents the finite element expression of the internal work, meaning geometric and
material conditions at a discrete time, and is denoted as
Kuu =
∫
BTCB dV (2.35)
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B is often called strain matrix and C is a matrix of material constants. Normally, the
strain for an element is calculated by taking the derivative of the displacement field,
calculated by means of the shape functions N and nodal values of displacement ε = Bui.
In order to prevent volumetric locking, a split in deviatoric and dilatational parts of
the problem is needed. In formulating the u/p approach, the sub-matrix Kuu represents
the deviatoric component, Kup the volumetric component, Kpu and Kpp arise from the
weak form of equation 2.33. Furthermore Kpp is identically zero if the material is
totally incompressible (Bucchi & Hearn, 2013a). This formulation can be extended to
rubber-like materials, which exhibit nonlinear behaviour, by means of an incremental
approach. An updated Lagrangian formulation determines the actual stresses (second
Piola-Kirchhoff tensor S) and strains (Green-Lagrange tensor E) from the previous
artificial step (Bathe et al., 1975; Sussman & Bathe, 1987). Hence, the sub-matrix
Kuu may in general be split into a linear KLuu and non-linear K
NL
uu contribution. K
L
uu is
dependent upon the fourth-order constitutive elastic tensor Ci jhk and KNLuu is a function
of the second Piola-Kirchhoff stress tensor S. In the u/p formulation the displacement
and the pressure are approximated with a summation over an appropriate shape function
Hi, as follows:
u =
N
∑
i=1
Hui ui
p =
N
∑
i=1
H pi pi
(2.36)
where N represents the number of nodes defining each element used in the discretisation
process, ui and pi represent the nodal value of displacement and pressure respectively.
For a reliable analysis the polynomial shape functions Hi should satisfy the Ladyzhen-
skaya–Babuska– Brezzi (LBB) condition (Bathe, 2001). This condition requires the
pressure shape function must be of a lower order than the displacement shape function.
Consequently, unphysical oscillations, called checkerboard modes, that arise from
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incompressibility may be avoided, for example, by means of a Taylor-Hood (Taylor &
Hood, 1973) elements (Figure 2.9). An exhaustive list of elements satisfying the LBB
condition is reported in Bathe’s book (Bathe, 1996).
Figure 2.9 Quadrilateral Taylor-Hood discretization: velocity is evaluated in the filled black nodes,
pressure in the red circled ones.
Another way to prevent volumetric locking is the adoption of either the reduced or
selective integration: the integration scheme adopted is one order less accurate than
the standard scheme. In particular, the selective approach applies full and reduced
integration simultaneously, having decomposed the constitutive tensor in two parts.
As an example, Abaqus C3D8 element implements such selective integration. Thus,
the eight Gauss points usually needed for a linear brick are reduced to a single point.
However, the reduced integration can cause unwanted behaviour of the element. This
methodology reduces the rank of the total stiffness matrix, hence, this matrix can be-
come singular. Therefore, modes that produce displacements, but require no forces
can be observed. A spurious mode can be defined when a structure deforms without
causing any stress in the material. This phenomenon is usually called hour glassing due
to the typical shape of the deformed mesh resembling an hour-glass. As an example,
hour glass control is included in Abaqus shell element S4R. A shell is defined as a
solid medium geometrically defined by a midsurface immersed in the physical space
and a parameter representing the thickness of the medium around this surface. When
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the physical problem involves a solid thin in one direction, shell elements are usually
adopted, being called degenerated solid elements. In other words, in shell analysis a
modelling error in the transverse direction is accepted for a kinematic assumption in the
same direction (Chapelle & Bathe, 2011).
Whether refined meshes of reduced-integration elements still show volumetric locking
problems, the introduction of hybrid elements is recommended.
Generally, the choice of the element type depends on the specific problem to be investi-
gated. However, as reviewed in Section 2.4.2, multiple implementations are available
for analogous studies. Furthermore, as detailed in Section 6.2, challenging analyses
may require alteration of boundary conditions or element type.
2.4.2 Application to aneurysm
Several finite element analysis have been carried out in order to predict stress distribu-
tions in abdominal aortic aneurysm (Isaksen et al., 2008; Ma et al., 2007) and evaluate
its rupture potential (Doyle et al., 2009a; Giannoglou et al., 2006; Raghavan & Vorp,
2000).
Besides a limited number of studies treated the arterial wall as a linear elastic material
(Giannoglou et al., 2006; Torii et al., 2006), the majority of finite element studies
assumed the tissue to exhibit a nonlinear behaviour (Isaksen et al., 2008; Rodríguez &
Merodio, 2011; Scotti et al., 2008).
In order to evaluate the differences associated with finite element modelling of abdom-
inal aortic aneurysms, Doyle et al. (Doyle et al., 2007) compared a linearly elastic
model to nonlinear models. As a result, the most accurate stress distributions were
obtained implementing nonlinear material properties. The arterial wall has been mostly
modelled as isotropic (Delfino et al., 1997; Gasser et al., 2010; Giannakoulas et al.,
2005; Giannoglou et al., 2006; Isaksen et al., 2008; Raghavan & Vorp, 2000; Scotti
et al., 2008; Shang et al., 2015; Wang et al., 2002; Wang & Li, 2011).
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Among the anisotropic formulations, even if the HGO model is often preferred (Al-
hayani et al., 2013; Badel et al., 2011; Holzapfel et al., 2004; Rodríguez & Merodio,
2011; Rodríguez et al., 2008), the Fung-type strain-energy function appears to be re-
cently adopted to model the arterial wall (Avril et al., 2010; Lee et al., 2014; Ma et al.,
2007; Sun et al., 2005). Recently, Ramachandran et al. (Ramachandran et al., 2012)
discussed the most appropriate material modelling choices to estimate the wall tension
distribution, comparing Laplace law, Fung-type and isotropic polynomial strain-energy
function. When the geometry is the only patient-specific information available, it has
been concluded that the modelling choices have minimal impact on aneurysms wall
tension evaluation (Ramachandran et al., 2012).
In the state of the art, arterial walls are generally modelled by means of shell elements
(Giannoglou et al., 2006), assuming the tissue to be homogeneous, or by 3D elements
(Alhayani et al., 2013, 2014; Badel et al., 2011; Lee et al., 2014). In finite element
analyses of realistic abdominal aortic aneurysms, Doyle et al. (2007) pointed out that
the predictions carried out adopting 3D elements, i.e. cubic bricks, are more accurate
compared to shell elements.
However, finite elements simulations rarely focus on the understanding of how aneurysm
is instigated in arteries. As an example, Badel et al. (2011) simulated the inflation of
a mouse carotid artery, modelled as a perfect cylinder, but no aneurysm was initiated.
Historically, the topic of aneurysm formation has been addressed as a buckling problem
from the macroscopic point of view. Han (2007) concluded that arteries may buckle
and become tortuous due to high internal pressure even when the axial stretch ratio is
below a certain value. The critical buckling pressure is proportional to the axial stretch
ratio and wall stiffness. However, the arterial wall was modelled as thin and linear
elastic. Fu et al. (2012) demonstrated that the aneurysm formation can be modelled
as a bifurcation phenomenon induced by geometrical and material imperfections. The
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initiation pressure is defined by two main features. First, the uniform inflation solution
ceases to be stable as soon as the pressure reaches such value. Second, the near-critical
bifurcated deformation is a bulge, of precisely the same form as observed experimentally
(Fu et al., 2008).
Lately, Lee et al. (2014) investigated the mechanical buckling and post-buckling be-
haviour of arteries in order to identify the interrelationship between artery buckling and
aneurysms. A small initial bend of 1 degree along the central axis of the arteries was
created as an imperfection to facilitate the buckling analysis. As a results of this study,
buckling changes the shape and curvature of the aneurysmal wall surface which can
lead to higher peak axial wall stresses and thus increase the risk of aneurysm rupture.
The lateral deflection of arteries increased nonlinearly with increasing lumen pressure
post-buckling. Further studies focused on the buckling mechanism being responsible
for vessel tortuosity. Badel et al. (Badel et al., 2013) showed that the tortuosity of veins
is increased when their axial pre-stretch decreases and when their behaviour becomes
more anisotropic. Alhayani et al. (Alhayani et al., 2013) adopted the modified Riks
method to instigate the bulge formation in isotropic, using Neo-Hookean strain-energy
function, and anisotropic, using Holzapfel-type strain-energy function, arterial models.
The coupling effect of fictious fibre orientation and elastic constants values trigger the
aneurysm formation.
2.4.3 Riks method
The initiation of aneurysm concerns the stability of such hyper-elastic structure, as it
is generally observed in rubber-like materials. Since the material parameters change
along with the deformation, a nonlinear finite element analysis of the problem becomes
necessary.
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Figure 2.10 Typical unstable static response that shows a negative stiffness (Bucchi & Hearn, 2013a).
The loading factor is indicated as λ , the arc length as s
In general non-linear static problems may be solved using the classical Newton–Raphson
method. However, such problems sometimes involve buckling or collapse behaviour,
where the load-displacement response shows a negative stiffness and the structure must
release strain energy to remain in equilibrium (Figure 2.10).
Unfortunately the application of Newton–Raphson to this response is unsuitable. Follow-
ing the load increase, the positive stiffness reduces, becoming zero in correspondence
of the critical pressure. Beyond this crucial value, the structural stiffness is negative
and further deformation is achieved with lower loads, inhibiting the Newton–Raphson
approach.
Consequently, a different analysis needs to be carried out. A perturbation of the base
state is performed to find nontrivial incremental displacement fields with arbitrary
magnitudes as valid solutions to the problem. Such nontrivial incremental displacement
fields are referred to as buckling modes. No distinction between geometry of the base
state and the linearly perturbed configurations is made. In addition, the changes in
surface traction and body forces during buckling are completely characterized by the
change of the deformation gradient for any material point. Thus, the change in the
applied tractions and body force intensities arises due to the change in geometry, while
the magnitude of the applied forces is kept fixed. As an example, for a pressure load the
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magnitude of the pressure remains constant but the surface normal changes as an effect
of the deformation gradient. This algorithm is applicable when load magnitudes are
governed by a single scalar parameter. The simulation starts applying a small trial force
to determine the initial equilibrium state, known the initial undeformed configuration
and solution. Successively, an increment of the force, which is treated as an unknown,
is added to the previous value and solved simultaneously with deformation for the next
equilibrium state along the path using iterative method (Zhao, 2008). The solution
is obtained with a prediction stage and a correction stage. In the prediction stage a
guess of the new equilibrium position is created and subsequently corrected using
Newton–Raphson iterations until the new equilibrium position is reached. The load
parameter is computed from the constraint condition: the error associated is reduced by
forcing the solution to move along a particular curve (or straight line path).
Historically, different constraint conditions, showed in Figure 2.11, have been applied
to solve such problem: load control, displacement control and arc length method.
Figure 2.11 Geometrical representation of the three available methods to solve nonlinear load (p) vs
displacement (q) response: a) load control, b) displacement control, c) arc length (Carrera, 1994).
The Riks method (Riks, 1979) allows development of the equilibrium path up to and
beyond the limit point represented by the critical pressure using arc length control is
a combination of pure load control and pure displacement control (Bucchi & Hearn,
2013a). Crisfield (Crisfield, 1981) introduced a sphere as nonlinear constraint around
the last converged step. However such a sphere intersects the solution path in most cases
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in two different points. Hence the solution has to be chosen (Wriggers, 2010). Therefore,
a linearized version of the constraint equation has been proposed, consistent with the
equilibrium equation, to be applied whenever the roots became complex (Schweizerhof
& Wriggers, 1986).
A path following method such as the Riks algorithm is necessary to investigate the
behaviour of a cylindrical hyper-elastic membrane subject to inflation. The solution
path consists in a set of equilibrium points in the load-displacement space (Figure 2.10).
Supposing a solution has been found at vn, the increment size ∆s along a path length is
initially suggested by the user and adjusted by Abaqus automatic load incrementation
algorithm (Dassault Systèmes, 2014). Hence, the equilibrium is checked as follows
Ri = (λ0+∆λ i)Pi− Ii (2.37)
where R represents the residuals, P the loading pattern and I the internal force generated
by the stress. Whether the increment i = 1 has not converged, the solution moves along
an orthogonal path, designated as f (v,λ ) (Dassault Systèmes, 2014). In addition, the
load increment is scaled of a ρ factor
ρ i =
RiP
P⋆
(2.38)
where P⋆ =
√
PNPN , N being the degrees of freedom of the model. In order to cause
the equilibrium search to be orthogonal to the last tangent, an additional update is
implemented after each iteration
v0 = vi. (2.39)
The modified Riks method is implemented in Abaqus and provides a load proportional
factor (LPF), intended as a multiplier of the initial load applied. Beneath the maximum
2.4 Finite Element Method 53
LPF, the model is deforming under static equilibrium. The peak, instead, deals with the
structural instability.
Chapter 3
Experimental Methodology
The current chapter introduces the materials adopted for experimental investigations in
Section 3.1. In the following Section 3.2, the details of the testing protocols performed
to characterise the mechanical behaviour of such materials are described. In order to
assess the most reliable approach, a preliminary comparison between the measuring
techniques, listed in Chapter 2, is reported. Subsequently, the collection of a complete
and reliable data set is achieved by means of uniaxial and biaxial tensile tests. The
flowchart shown in Figure 3.1 summarizes the sample preparation process, which will
be detailed in the following sections.
Raw data are generally affected by noise, which can be limited but never fully sup-
pressed. Thus, such data needs to be filtered. In addition, software for finite element
analysis typically struggle to manage non-monotonic material behaviour. Therefore, the
post-processing stage is described in Section 3.3.
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Figure 3.1 Preparation of rubber (black boxes) and aortic (pink boxes) samples. Red numbers indicate
the Section in which each stage is detailed.
3.1 Materials
The present investigation considered the use of two different materials to be tested.
Aiming to setup a robust experimental protocol and to test it on a generic hyper-elastic
material, rubber has been adopted. As major advantages of this material, the sample
preparation is simplified and the storage stage is neglected. Once the method has been
detailed and verified, experimental tests have been carried out on aortic tissue.
A carbon filled rubber produced by Avon Rubber was available to execute the designed
experimental protocol and to investigate the geometry effects on tensile responses.
Therefore, samples shaped as strips and dumb-bells have been compared. In the state of
the art, details concerning the methodology adopted to cut samples out of the harvested
tissue are limited (Balzani, 2006). As the current experimental protocol is designed for
aortic tissue, small specimens are required. The smallest standard available is described
in Figure 3.2, being the dumb-bell type 4 of the International Standard (ISO 37, 2005).
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Reference Dimension [mm]
A 35
B 6 ± 0.5
C 12 ± 0.5
D 2 ± 0.1
E 3 ± 0.1
F 3 ± 0.1
Figure 3.2 Standard cutter for preparation of dumb-bells (ISO 37, 2005).
Strip dimensions of 35 mm x 2 mm are analogous to the narrow part of the dumb-bell.
In order to limit the variability introduced by a hand cutting process, a custom made die
(Gibitre Instruments, Italy) has been used to cut standard dog-bone shaped specimens.
Furthermore, this cutter has been adapted to be mounted on ESH servo-hydraulic testing
machine to insure a faster and more accurate preparation process. Alternatively, strips
have been hand–cut by means of a wet scalpel. It is worth notice that manual preparation
of samples is currently encountered in literature (Fitzpatrick et al., 2010). However,
an additional step of calibre measurements was needed to carefully select the samples.
Strips exceeding a tolerance of 1% in length and 10% in width have been discarded.
The rubber thickness has been evaluated by means of microscopy measurements. As a
result, the thickness, calculated as the average of 10 random samples, is assumed to be
uniform and equal to 1.9±0.4 mm.
In spite of its practical advantages, such rubber material cannot replicate the exact
mechanical response of aortic tissue, being the main focus of the present study. How-
ever, the University of Portsmouth has no licence to store and test human tissue, since
strict safety requirements need to be satisfied in the laboratories. In literature, porcine
aortas are commonly preferred for the mechanical characterisation of arterial tissue
(Lally et al., 2004; Pandit et al., 2005). This approach has been justified by the existing
similarities between the human and porcine cardiovascular systems (Crick et al., 1998;
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Wolinsky & Glagov, 1969). Furthermore, porcine models are frequently used in the
pre-clinical evaluation of medical devices (Maher et al., 2012b).
Figure 3.3 Porcine aorta previously stored in 0.9% saline solution at −20◦C, slowly defrosted in the day
of testing.
Therefore, porcine aortic tissue has been adopted in this study. In order to avoid
substantial biochemical and microstructural changes, aortas have been harvested from
Laverstoke park farm (Overton, UK) about one hour after the sacrifice and stored in
0.9% saline solution at −20◦C within 4 hours (Chow & Zhang, 2011; Stemper et al.,
2007). Successively, a slow defrosting procedure of about 5 hours has been carried out
immediately prior to experimental testing procedures: samples have been placed firstly
in the fridge and then exposed to room temperature.
As this study focus on the thoracic and abdominal tract of the descending aorta, the
ascending aorta and the aortic arch have been cut away as shown in (Fig. 3.3). Hence,
each aorta has been longitudinally cut along the posterior part, which was previously
in contact with the vertebral column. Finally, aortic dog-bone shapes specimens have
been cut by means of the die cutter, as showed in Figure 3.4.
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Figure 3.4 Preparation of aortic dog-bone samples. A) Dumb-bell cutter mounted on ESH servo-hydraulic
testing machine. B) Longitudinal samples cut from abdominal aorta.
Longitudinal and circumferential samples have been cut out of thoracic aortas, while
only longitudinal specimens are prepared from the abdominal segments, due to its
reduced diameter. As consistent variations are observed along the aortic tree (Tanaka &
Fung, 1974), the thickness has been estimated for each sample by means of the method
described in Section 3.3.
Such sample preparation protocol has been applied also to specimens designed for
biaxial tensile tests. As previously reviewed in Section 2.3.2, the majority of biaxial
tests reported in literature were conducted on square specimens, clamped in different
ways. Each square specimen (20 mm x 20 mm) has been cut by means of a steel guide
die placed in a manual press (Figure 3.5).
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Figure 3.5 Preparation of aortic samples (20 mm x 20 mm) for biaxial tensile tests. Specimens are
aligned to the circumferential and longitudinal direction.
3.2 Experimental tests
The following two sub-sections report the analysis of measuring techniques (Section
3.2.1) and the experimental tests conducted on rubber (Section 3.2.2) in order to
consolidate the experimental protocol designed for biological materials. Last two sub-
sections describe the experimental protocols applied to perform the uniaxial (Section
3.2.3) and biaxial tensile tests (Section 3.2.4) on aortic tissue.
3.2.1 Comparison between experimental techniques
A preliminary step in the mechanical characterisation of a generic hyper-elastic material
consists of selecting a reliable technique to measure the sample strain. Therefore, the
comparison of the measuring techniques previously described in Section 2.3.1 has
been accounted as a fundamental step to design a robust standard protocol. Hence, the
displacement achieved during uniaxial tensile tests has been simultaneously recorded
by the machine cross-head, a video-extensometer and the DIC. This analysis has been
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carried out for both rubber and aortic samples.
As explained in Section 2.3.1, the video-extensometer requires stickers to be applied on
samples surface, thus the displacement between them is measured. Aiming to enhance
the contrast, white stickers have been applied on black rubber specimens (Figure 3.6 A)
placed in front of a black background (Figure 3.10). Conversely, black stickers have
been applied on aortic sample (Figure 3.6 B) placed in front of a pale background.
Analogous attention has been given to DIC requirements. A speckle pattern of white
opaque paint has been applied by means of an airbrush on the surface of rubber samples
(Figure 3.6 A). On the other hand, black opaque paint has been applied on the aortic
specimens (Fig. 3.6 B).
Figure 3.6 Undeformed dumb-bell samples. Stickers are required by the video-extensometer, while the
speckle pattern is needed for DIC. A) Rubber specimen with white stickers and speckles. B) Aortic
specimen black white stickers and speckles.
For each material, five samples have been tested by means of an MTS Landmark (MTS
Systems Corporation, USA) equipped with a 2.5 kN load cell. Each sample has been
gripped by Bose clamps Assy 3200 (Bose Corporation, USA) adapted for the MTS
machine. The elongation speed was set at 0.1 mm/s (Cox et al., 2008; Jerabek et al.,
2010; Sasso et al., 2009). Through the test, the displacement has been measured by a
Messphysik video-extensometer with a field of view ranging from 50 mm to 0.4 µm
(Messphysik Materials Testing GMBH, Austria). The recording has been activated
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before any movement of the crosshead and stopped manually after the end of the test.
Furthermore, ten pictures have been taken during the test in order to be post-processed
by Aramis software (GOM mbH, Braunschweig, Germany) for DIC. In order to avoid
any kind of relaxation and ensure a good quality image for DIC, the cross-head has
been stopped during the test for no more than 10 seconds each time and every 2 mm of
displacement.
Strain values have been calculated on the same initial length for the video-extensometer
and the machine cross-head. Post-processing of DIC produces strain fields from which
the value in the middle of the region of interest has been extracted.
Thus, results obtained for rubber samples are reported in Figure 3.7. It can be seen
that the video-extensometer (green triangle) is consistently estimating the minimum
strain compared to the other techniques. Differently, DIC post-processing (red square)
produces strain fields from which the strain value in the middle of the region of interest
appear average or closer to the cross-head results.
Similarly, aortic results are shown in Figure 3.8. Differently from rubber outcomes,
a wider difference between the strain obtained from the video-extensometer (green
triangle) and the cross-head (blue rhombus) can be appreciated. Furthermore, DIC
results (red square) appear closer to video-extensometer ones.
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Figure 3.7 Stress-strain plot compare the use of three measuring techniques on five rubber samples: the
video-extensometer (green triangle), the DIC (red square) and the testing machine (blue rhombus).
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Figure 3.8 Stress-strain plot compare the use of three measuring techniques on five aortic samples: the
video-extensometer (green triangle), the DIC (red square) and the testing machine (blue rhombus).
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Analogous results were obtained by Krehbiel & Berfield (Krehbiel & Berfield) by
comparing DIC to cross-head results for pig back skin.
The scatter appreciated between the measuring techniques can be explained observing
that during such tests the video-extensometer and the DIC are focused on the same re-
gion of interest (ROI). On the other hand, since the initial length and the cross-sectional
area between the grips do not correspond exactly to the same ROI, the difference appears
consistent.
Figure 3.9 Mean strain (marker) and standard deviation (error bar) calculated for each measuring
technique: the video-extensometer (green triangle), the DIC (red square) and the testing machine (blue
rhombus).
The most promising results are obtained by DIC, as the strain computation field is
mapped. However, DIC requires clearly more time to be carried out. The video-
extensometer generates the minimum strain standard deviation for rubber samples,
while no significant difference can be appreciated for aortic samples (Figure 3.9).
Therefore, as its results have been evaluated close enough to DIC (Figure 3.8), the use
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of the video-extensometer has been valued as the best compromise between accuracy
and rapidity.
3.2.2 Trials on rubber: uniaxial tests
At the beginning, uniaxial tensile tests have been conducted on rubber to define all the
details of the experimental protocol and to practice the whole procedure before testing
aortic samples.
Rubber samples, prepared as previously described in Section 3.1, have been tested to
comprehend their mechanical behaviour up to rupture. The same experimental setup
referred in Section 3.2.1 has been employed (Figure 3.10).
Figure 3.10 A) Experimental setup adopted for the uniaxial tensile tests on rubber sample. The sample
was kept in position by grips (B) and tested uniaxially to failure. A video-extensometer was used to
measure the displacement between the two white markers attached to the sample.
The video-extensometer was synchronized with the cross-head movement to capture the
entire elongation process up to the rupture of each sample. Each test has been conducted
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in displacement control at a constant cross-head speed of 0.2 mm/s. This value was
calculated as the average of low speed rates adopted in literature, as described in Section
2.3.2 (Cox et al., 2008; ISO 37, 2005; Jerabek et al., 2010; Shergold et al., 2006).
As the influence of pre-conditioning in the mechanical response of hyper-elastic ma-
terials has been often neglected, three different aspects have been analysed: the pre-
conditioning frequency ( fP), the sample shape and the strain magnitude.
Firstly, the effect of frequency on the uniaxial tensile test has been explored. A pre-
conditioning stage is carried out by means of a sinusoidal load waveform, whose strain
amplitude is calculated as 10% of the maximum strain (7 mm/mm). This value has
been retrieved from preliminary uniaxial tests performed without pre-conditioning.
Furthermore, as recommended by British Standard (BS 903-1, 1995), 5 cycles of pre-
conditioning, have been performed. In order to determine the influence of fP on the
mechanical stress-strain response, several values of frequencies have been tested on
rubber strips: 0.01 Hz, 0.05 Hz, 0.075 Hz, 0.1 Hz, 0.2 Hz, 0.3 Hz, 0.4 Hz, 0.5 Hz,
0.6 Hz, 0.8 Hz, 1 Hz, 1.2 Hz, 1.4 Hz, 1.6 Hz and 2 Hz. Moreover, a test without
pre-conditioning, intended as a control trial, has been carried out. Four specimens
(n = 4) have been tested for each frequency.
The second aspect investigated is the role of sample shape on the material characteriza-
tion. Therefore, in addition to the strips, dumb-bells have been tested at the following
pre-conditioning frequencies: 0.2 Hz, 0.6 Hz, 0.8 Hz, 1 Hz, 1.4 Hz and 2 Hz. Similarly,
a control test without any pre-conditioning has been performed.
In addition, a third aspect of the pre-conditioning process is explored: the strain
magnitude. In two distinct tests, conducted at fixed preconditioning frequency of 0.2 Hz,
two strain amplitudes are investigated: 20% and 8.5% of the maximum strain recorded.
The engineering stress has been calculated taking into account the same cross-sectional
area for both sample shapes.
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3.2.3 Uniaxial tests on aortic tissue
Preliminary tests on aortic tissue showed reduced values of stress compared to results
obtained from rubber. Therefore, a different facility, equipped with a smaller load cell,
seemed appropriate to get more accurate results.
Aortic dumb-bells have been tested in displacement control on a high precision testing
device specific for testing biological specimens (BOSE Electroforce 3200, Bose Corpo-
ration, Gillingham, UK), equipped with a 225 N load cell. The displacement has been
determined by means of the Messphysik video-extensometer adopted in the previous
tests. The contrast offered to the camera has been increased as presented in Section
3.2.1. The actual test has been conducted at a constant cross-head speed of 0.2 mm/s.
This value has already been adopted in literature (Duprey et al., 2010) and is consistent
with the experimental work presented in Section 2.3.2.
The pre-conditioning stage of such samples is analogous to the one applied on rub-
ber: a sinusoidal load waveform, which amplitude is 10% of the maximum strain (0.7
mm/mm). Furthermore, as recommended by British Standard for rubber materials (BS
903-1, 1995) and as average of the studies reviewed in Section 2.3.2, 5 cycles of pre-
conditioning have been performed. Six thoracic and abdominal specimens have been
tested for each frequency (Xiong et al., 2008). In order to determine the influence of fP
on the mechanical stress-strain response, two frequencies have been selected: 1.2 Hz
and 2 Hz. Such values are intended as an average resting (70 bpm) and exercising (120
bpm) heart rate respectively. Moreover, a control test, neglecting the pre-conditioning,
is carried out.
The engineering stress has been calculated taking into account the undeformed cross-
sectional area and assuming the specific thickness of each sample. Experimental data
have been filtered by means of a Matlab (Mathworks, Massachusetts, US) script, which
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reduces the number of experimental data to 40% of the original dataset performing a
block average. The details of this script are reported in Section 3.3.
3.2.4 Equi-biaxial tests on aortic tissue
In order to achieve a complete mechanical characterisation of the aortic tissue, a biaxial
test is required. Furthermore, it has been noted from the state of art that the majority
of studies still prefer planar biaxial tests to indentation tests. As the biaxial testing
protocol has been based on the study of preliminary FE configurations, the outcomes,
justifying the experimental protocol, are showed in the Appendix.
Differently from tests performed in displacement control, force control analysis is quite
challenging, thus rarely performed on soft tissue. However, such a test is required to
achieve a correct equi-biaxial test, ensuring the same value of stress applied on each axis.
Hence, the biaxial characterization has been performed in force control on a CellScale
Biotester equipped with 23 N load cells. Despite the use of such an up-to-date facility,
the force control mode limited the pre-conditioning options. Thus, a pre-conditioning
of 5 cycles at 0.25 Hz has been applied. The actual tensile test has been conducted at
0.2 N/s.
Six samples tests have been tested for abdominal and thoracic aorta respectively. The
sample anchorage has been studied by means of a preliminary FE analysis described in
Section 7.3. The mounting system consists in a so-called BioRake placed on each side
of the specimen: five equally spaced hooks pierce each side of the sample. Therefore the
mounting is consistent and accurate (Figure 3.11 B). In addition, a high resolution (1280
x 960 pixels) CCD camera is placed on top of the sample to collect time synchronized
images for post test analysis (Figure 3.11 A).
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Figure 3.11 Experimental setup for planar equi-biaxial tests. A) CCD camera and additional lights are
placed on top of the sample. B) Square sample of aortic tissue is hooked to each actuator by means of
BioRakes.
The images have been collected throughout the test at 1 Hz rate by the CCD camera.
Such images are automatically time-correlated with the force displacement data by the
BioTester software. In order to perform DIC, a grid has been defined on the snapshot
taken soon after the end of the pre-conditioning stage, intended as the undeformed
configuration. The grid cuts out the hooks insertions on the sample (Figure 3.12). The
software estimates the Green-Lagrange principal strain values performing a 16 points
least squares average for each cell.
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Figure 3.12 DIC on square sample. 1) A grid (11 x 11 cells) is designed on the undeformed configuration.
2) Strain values are mapped: a percentage value is calculated for each cell.
A sensitivity study has been conducted to evaluate the number of cells to take into
account in order to average strain values for each frame. Similarly to uniaxial tests,
the engineering stress has been calculated taking into account the undeformed cross-
sectional area and assuming the specific thickness of each sample by means of the
algorithm presented in Section 3.3.
3.3 Post-processing: Matlab scripts
As a result of uniaxial and biaxial tests described in Sections 3.2, force values are
obtained from the testing machine, while displacement amounts have been acquired by
the video-extensometer or strain values by DIC.
The calculation of engineering stress relies on the unloaded cross-sectional area with
forces applied during tensile tests. Therefore, the width and the thickness of the sample
are required. Being cut by a specific die, the tolerance of the width value has been
assumed minimum and thus neglected.
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Figure 3.13 Steps of Matlab script used to measure the average thickness (bottom row) and the initial
length (top row) of each sample: A) undeformed sample mounted between the grips, B) region of interest
(ROI) selection and C) application of Sobel edge detection method on ROI.
Following the considerations presented at the end of Section 2.3.2, particular attention
has been reserved to the thickness measurement of aortic tissue. Thickness and initial
length were optically determined for each sample mounted between grips in the initial
configuration, by means of an in house Matlab script (Mathworks, Massachusetts, US).
In order to enhance the contrast of the region of interest (ROI) and to facilitate edges
detection in the image segmentation, a black background was applied for the estimation
of the thickness. Similarly, a white background was used to measure the initial length,
as strips needed for the use of the video-extensometer were black. In both cases, Sobel
edge detection method (Parker, 2010) was applied on the ROI, which was manually
selected (Figure 3.13). Pixel conversion in mm was based on the grip dimensions,
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previously measured by means of a digital caliper.
Despite the scrupulous attention for each experiment, the noise is unavoidable in such
mechanical characterizations. Aiming to smooth the stress-strain plot and to obtain
a monotonic curve to be imported in the finite element model, a post-processing step
is required. Therefore, experimental data have been filtered by means of a Matlab
script. In order to consider only the actual tensile test, the pre-conditioning cycles are
cut out of the data-set. Stress-strain data are rounded to the second decimal digit and
strain ordered. Successively, an average stress is calculated for intervals of strain of
0.05. In addition, experimental data are reduced of 40% compared to original data. An
example of output obtained with such filter can be appreciated in Figure 3.14, where
the reduction of the noise in the output (experimental data provided to FEM simulation)
respect to the input signal (experimental raw data) is quite appreciable.
Figure 3.14 Block average filter (black dots) applied on untreated stress-strain data (continuous magenta
line).
Furthermore, such script intends to produce a monotonic stress-strain response. As
an example, no filtered value is displayed around the strain 1.78 or 2.2 in Figure 3.14,
3.3 Post-processing: Matlab scripts 73
where the filter calculated an average stress value inferior to the preceding strain interval.
Thus, whether the noise is compromising the monotonicity of the curve, the filtered
value is automatically removed.
At this point, a comparison between stress-strain curves is required to highlight signifi-
cant differences in response to selected features of the experimental protocol, such as fP.
Therefore, a statistical tool widely adopted in literature (O’Leary et al., 2014; Raghavan
et al., 2011b) appears to be the ANalysis Of VAriance (ANOVA). This evaluation
consists in a generalized t-test applied to at least two groups of data. One-way ANOVA
considers a single source of variation assigned to completely random samples cut from
the same material (Wayne, 2009). As an example, this analysis can evaluate whether
average stress or strains are significantly different because of the fP applied.
ANOVA is based on three assumptions. First, the evaluated means are assumed to be
normally distributed in each group. Second, the population variances in each group are
considered equal. Lastly, the sampling is assumed to be random.
Therefore, ANOVA tests the null hypothesis for which the population means may be
equal for all groups. In other words, the assumption states that there is no relation-
ship between two phenomena. The null hypothesis is satisfied whether the observed
differences in sample means are due to random sampling variation. The alternative
hypothesis affirms that there are at least 2 group means that are significantly different
from each other. Therefore, ANOVA returns a p-value below 0.05 whether the observed
differences between sample means are due to authentic differences in the population
means. This analysis is carried out by Matlab function anova1. Furthermore, an ad-
ditional test is required to distinguish which specific groups differ from each other:
Matlab function multcompare performs this task.
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3.3.1 Data fitting
The mathematical modelling of hyper-elastic materials requires the accurate identifi-
cation of fitting parameters from suitable experimental datasets. These constants are
needed to match, in a least squares sense, theoretical and experimental stress values over
the complete desired strain range (Bucchi & Hearn, 2013a; Sussman & Bathe, 2009).
The fitting of experimental data is generally a critical aspect since it represents the
bridge between the testing procedure and the numerical analysis. The material model
used in a Finite Element (FE) analysis must accurately represent the physical behaviour
of the material being used. The calibration process is challenging due to the complexity
of material models. This step is especially delicate within the framework of soft tissue.
The difficulties arising in the fitting procedure are intrinsic to the considered problem,
not to the specific choice of constitutive law. In limited cases uniqueness of material
parameters may be achieved. However, non-uniqueness often occurs, and it may be
reflected in numerical solutions. When, for example, polynomial models are adopted,
high polynomial order ensures a better fitting to the data for an extensive range of
deformations. However, numerical instabilities may arise from such a procedure. On
the other hand, a nonlinear model often leads to the non-uniqueness of the optimal
set of constants. Ogden et al. (2004) carried out a study of the fitting of stress-stretch
equations to experimental data for rubber for incompressible isotropic hyper-elastic
constitutive laws. As a result, Ogden suggested to carefully assess analytically the fitting
of the material parameters before performing finite element studies. Hence, unclear
physical meaning of numerical predictions may be prevented.
Therefore, data collected from the biaxial tests have been previously analysed to capture
in a clear way the main qualitative features. A nonlinear regression has been performed
to model the experimental data by the Fung model.
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Following the biaxial tensile tests, second Piola-Kirchhoff stress (S) values have been
calculated and Green-Lagrange strain (E) imported from DIC post-processing. Theo-
retical stress values in the circumferential direction has been calculated, according to
literature presented in Section 2.2.3, as follows:
Sθθ =
∂W
∂Eθθ
= (2a1Eθθ +2a4EZZ +2a6ERR)
C
2
eQ(E) (3.1)
where Q is
Q(E) = a1E2θθ +a2E
2
ZZ +a3E
2
RR+2a4EθθEZZ +2a5EZZERR+2a6EθθERR
+a7E2θZ +a8E
2
θR+a9E
2
ZR
(3.2)
Similarly, the axial Second Piola-Kirchhoff stress is
SZZ =
∂W
∂EZZ
= (2a2EZZ +2a4Eθθ +2a5ERR)
C
2
eQ(E) (3.3)
As suggested in literature (Pandit et al., 2005), the goal of the data fitting algorithm
consists in determining the material constants C and ai which minimize the square of
the difference between theoretical (Equations 3.1 and 3.3) and experimental values of
circumferential (Sexpθθ ) and axial (S
exp
ZZ ) stresses as:
Error =
N
∑
i=1
[(
Sθθi −Sexpθθi
)]2
+
N
∑
i=1
[(
SZZi −SexpZZi
)]2
(3.4)
where N represents the total number of experimental points. This approach is justified
by the fact that Sexpθθ and S
exp
ZZ values are comparable.
Despite an excellent fitting of Equation 3.4 which can be obtained by means of Matlab
lsqcurvefit function, it has been proved, as late outcome of this research, that such
a result is not sufficient to fully implement a Fung modelling. In order to estimate
parameters a7, a8 and a9 it is necessary to take into account shear behaviour, which
cannot be captured by the biaxial tensile tests described in Section 3.2.4, being the
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sample aligned with circumferential and longitudinal directions (Zhou & Fung, 1997).
Thus, in Chapter 7 it is reported and discussed how misleading is the literature about
the Fung modelling.
Therefore, theoretical shear stress value are calculated analogously to Equations 3.1 and
3.3 (Zhou & Fung, 1997). As an example:
SθZ =
∂W
∂EθZ
= (2a7EθZ)
C
2
eQ(E) (3.5)
Green-Lagrange shear strain and stress data have been determined by means of synthetic
simple shear test. The principal stretches for this test (Ogden, 1997), sketched in Figure
3.15, are the following:
λ1 = λ λ2 =
1
λ
λ3 = 1 (3.6)
thus, the first invariant (I1) can be calculated as reported in Equation 2.14. The amount
of shear κ (Moreira & Nunes, 2013; Ogden, 1997) is hence defined as
κ = tan(φ) = λ − 1
λ
. (3.7)
As a result, the Green-Lagrange shear strain (Fung, 1993; Vossoughi & Tözeren, 1998)
is calculated as
E12 =
1
2
λ1λ2 cos(φF) =
1
2
λ1λ2 cos
(π
2
−φ
)
(3.8)
where φ and φF are the angles showed in Figure 3.15. The angle φ is worked out from
Equation 3.7 and principal stretches from Equation 3.6 substituted, thus
E12 =
1
2
cos
(π
2
− arctan(κ)
)
. (3.9)
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Figure 3.15 Sketch of a simple shear test transforming the original configuration (dashed blue) into the
deformed one (red). The angle φF is needed to calculate Green-Lagrange shear strain.
As the Cauchy stress in simple shear tests (Nunes & Moreira, 2013) can be expressed as
σ12 = 2κ
∂W
∂ I1
, (3.10)
biaxial data are fitted by Yeoh strain-energy function (Section 2.2.2) in Abaqus. This
model has been selected because it is dependent on the first invariant and provides a
good fitting of the experimental data. Thus, the fitting coefficients C10, C20 and C30 are
determined and Equation 3.10 becomes
σ12 = 2κ
[
C10+2C20(I1−3)+3C30(I1−3)2
]
. (3.11)
The Cauchy stress (σ ) is related to the second Piola-Kirchhoff (S) of Equation 3.5 as
follows
S = JF−1σF−T (3.12)
where the deformation gradient F for simple shear deformation is
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F =

1 κ 0
0 1 0
0 0 1
 . (3.13)
Therefore, Equation 3.12 becomes
S = 1

1 −κ 0
0 1 0
0 0 1


σ11 σ12 σ13
σ21 σ22 σ23
σ31 σ32 σ33


1 0 0
−κ 1 0
0 0 1
 (3.14)
from which S12 = σ12− kσ22. However, in the hypothesis of plane stress the normal
component of the traction on inclined surfaces (σ22) and σ33 are equal to zero (Nunes
& Moreira, 2013). As a result, σ12 coincides with S12. Finally, the updated square of
differences between theoretical and experimental stress values becomes
Error =
N
∑
i=1
[(
Sθθi −Sexpθθi
)]2
+
N
∑
i=1
[(
SZZi −SexpZZi
)]2
+
N
∑
i=1
[(
SθZi −SexpθZi
)]2
+
N
∑
i=1
[(
SθRi −SexpθRi
)]2
+
N
∑
i=1
[(
SZRi −SexpZRi
)]2 (3.15)
assuming all simple shear stress values equal. Hence, ai parameters are obtained fitting
the circumferential, axial and shear stress-strain responses.
Finally, the convexity conditions (Fan & Sacks, 2014; Holzapfel, 2006; Pandit et al.,
2005; Sun & Sacks, 2005) for the obtained parameters have been verified to ensure
material stability, physically meaningful and unambiguous mechanical behaviour. A
strict local convexity of the strain-energy function means that the matrix containing its
second derivatives with respect to Eθθ and EZZ is positive definite (Holzapfel, 2006).
Hence, the contours of constant W are convex. As a result of the convexity requirement,
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the possible ranges of the model parameters for the strain energy density function are
restricted (Ma et al., 2007).
In order to assess this demand, contours of the strain-energy function against the
circumferential and axial strain are plotted.
Chapter 4
Experimental Results
The current chapter shows all the mechanical responses acquired from the experimental
tests as a direct application of the methodology reported in Chapter 3. Aiming to focus
on the mechanical tensile response obtained immediately after the pre-conditioning
process, the loading-unloading paths are not displayed. Therefore, the mechanical
behaviour in the toe-region can be easily appreciated.
Firstly, the characterization of the rubber, carried out to corroborate details of the whole
experimental protocol (e.g. sample preparation, pre-conditioning, measurement,. . . ), is
presented in Section 4.1, while the responses associated to the aortic tissue are reported
in Section 4.2. Finally, the mechanical behaviour emerged from planar biaxial tensile
tests is showed in Section 4.3.
4.1 Uniaxial tests on rubber strips and dumb-bells
A carbon filled material has been selected to make a trial run of the experimental
protocol before testing the aortic tissue. Hence, such rubber is not intended to match
the biological behaviour, but just the general hyper-elastic response. As previously
described in Section 3.1 samples have been cut in two different shapes: strips and
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standard dumb-bells.
Strips have been pre-conditioned for 5 cycles at 7 different frequencies (0.05 Hz, 0.2
Hz, 0.3 Hz, 0.6 Hz, 1 Hz, 1.2 Hz and 1.6 Hz) and stretched until rupture. In addition,
a control test without pre-conditioning has been performed. As shown in Figure 4.1,
stress-strain responses achieved by the strips appear to be heterogeneous.
The range of maximum stress recorded is subjected to big variations, in the range 1.46
MPa – 5 MPa. Furthermore it appears that specific fP, such as 0.2 Hz, 0.6 Hz and above
1.2 Hz, generate a quite repeatable behaviour, reducing the scatter between the lowest
and the highest maximum stress value to just 20%. Such scatter for fP = 0.05Hz and in
absence of pre-conditioning exceeds 100%.
In each plot, the stiffness and strain values associated to σavg, which is calculated for
each test as half of the min{σmax1 ,σmax2 , . . . ,σmaxn } n being the number of samples, were
considered for ANOVA evaluations. As a result, no sensible variation (p = 0.634) in
the curve stiffness evaluated for σavg was observed. Differently, the strain obtained
in the absence of pre-conditioning is significantly different (p = 0.005) compared to
pre-conditioning frequencies fP ≥ 1 Hz.
In each subplot of Figure 4.1, two specific responses are selected to be fit by different
strain-energy functions: an upper band (continuous black line) and a lower band
(continuous blue line). The fitting parameters calculated by Abaqus for each of these
responses are listed in Table 4.1. As can be observed, some of the selected stress-strain
data could not be fitted by Arruda-Boyce constitutive model, thus they are indicated as
unstable. Further details about such behaviour are reported in Section 6.1.1.
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Figure 4.1 Filtered uniaxial stress-strain response of rubber strips, pre-conditioned for 5 cycles at selected
frequencies. Four samples have been tested for each test. Data obtained from no pre-conditioning, 0.2
Hz, 0.6 Hz and 1.6 Hz have been imported in the FE model.
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Table 4.1 Fitting parameters estimated by Abaqus for selected stress-strain curves plotted in Figure 4.1.
• indicates the stiffest response.
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Figure 4.2 Mean (marker) and standard deviation (error bar) calculated for the adimensional fitting
parameters listed in Table 4.1.
In order to appreciate how the listed parameters change with the fP, the mean and the
standard deviation have been calculated. Among the adimensional parameters, a signifi-
cant change in the standard deviation can be observed for α3 of Ogden model (3rdorder)
in Figure 4.2. Neither the mean values neither the standard deviation of adimensional
parameters can elucidate the reason why stress-strain responses are more repeatable at
certain frequencies. Although different order of magnitude can be observed in terms of
standard deviation, similar considerations are reserved to the other parameters plotted
in Figure 4.3. The largest scatter is achieved by Ogden µ3.
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Figure 4.3 Mean (marker) and standard deviation (error bar) calculated for the fitting parameters listed
in Table 4.1. Since standard deviation exhibit different order of magnitude, a zoom in of plot A is given
in plot B.
Dumb-bells have been tested in order to explore the effect of a geometric variation
on experimental data collection, using the same experimental setup and methodology
adopted for the strips (Section 3.2.2). Stress values appear mostly scattered, except for
some particular frequencies (i.e. 1 Hz) where stress-strain curves are well overlapped
(Figure 4.4).
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Figure 4.4 Filtered uniaxial stress-strain response of rubber dumb-bells, pre-conditioned for 5 cycles at
selected frequencies. Four samples have been tested for each test. Data obtained from no pre-conditioning,
0.2 Hz, 0.8 Hz and 1 Hz have been imported in the FE model.
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Table 4.2 Fitting parameters estimated by Abaqus for selected stress-strain curves plotted in Figure 4.4.
• indicates the stiffest response.
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Figure 4.5 Mean (marker) and standard deviation (error bar) calculated for the adimensional fitting
parameters listed in Table 4.2.
The ANOVA tests on the stiffness, evaluated at σavg, reveal that the presence of pre-
conditioning generates statistically different (p = 0.0022) material elastic response.
Similarly to the strips, a statistical evidence (p = 1.17 ·10−7) is observed analysing the
strain values associated to σavg.
Similarly to analyses conducted for strips data sets, the fitting parameters estimated for
the upper band (continuous black line) and the lower band (continuous blue line) of
dumb-bells responses are listed in Table 4.2. The mean values calculated for Ogden
adimensional parameters (Figure 4.5) are closer when the stress-strain results are more
overlapped, the fP being 1 Hz. However, such feature is not confirmed by the remaining
parameters shown in Figure 4.6, as the minimum scatter is obtained for the fP being 0.8
Hz.
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Figure 4.6 Mean (marker) and standard deviation (error bar) calculated for the fitting parameters listed
in Table 4.2. Since standard deviation exhibit different order of magnitude, a zoom in of plot A is given
in plot B.
Observations
In both sample shapes (strip and dumb-bell), the absence of pre-conditioning system-
atically generates less reproducible results, with a large range of stresses for the same
interval of strains (Figs. 4.1 and 4.4).
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Comparing strips (Figure 4.1) and dumb-bells (Figure 4.4) results obtained at the same
fP (0.2 Hz, 0.6 Hz and 1 Hz), ultimate stress and strain values appear greater for dog-
bone shaped samples.
No clear relation between the scatter of fitting parameters (Figure 4.2, 4.3, 4.5, 4.6)
and the repeatability of stress-strain responses can be highlighted. However, further
considerations about the quality of the fitting will be explored in Section 6.1.1.
The explanation of how fP might affect the mechanical characterization of the material
remains unclear. Hence, this requires further investigations to a microscopic level
that are beyond the scope of this work. However, according to the Brownian motion
theory, natural frequency generates an unique response of molecules (Gent, 2001).
Alternatively, in cluster size studies of pre-conditioned samples, a particular frequency
distinguishes rigid from fragile behaviour (Bhowmick, 2008). Besides these hypotheses,
no theoretical explanation has been found to the repeatable macroscopic behaviour
observed only at certain frequencies.
4.2 Uniaxial tests on aortic tissue
The porcine aortas have been freshly harvested from a local slaughterhouse and frozen
within 4 hours from sacrifice. The samples belonged to two different aortic districts: the
thoracic and abdominal aorta. Six specimens, for each circumferential and longitudinal
direction, have been cut by means of the standard metal dye, obtaining the typical
dog-bone shape. Such samples have been pre-conditioned for 5 cycles at 1.2 Hz and 2
Hz and stretched at a constant cross-head speed of 0.2 mm/s. In addition, a control test
without pre-conditioning has been performed. The strain acquisition has been carried
out during tensile tests through a video-extensometer.
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4.2.1 Abdominal samples
The reduced diameter of the abdominal aorta did not allow samples to be cut in the
circumferential direction. Hence, only the longitudinal direction has been explored. In
Figure 4.7, the curves display the common non linear elastic behaviour of the aortic
wall.
Figure 4.7 Uniaxial stress-strain response of abdominal dumb-bells, pre-conditioned for 5 cycles at
selected frequencies. Data filtered by custom made script (black circles) have been imported in the FE
model.
Abdominal stress-strain responses appear to be highly heterogeneous. The range of
maximum stress recorded is highly variable, in the range 0.25 MPa – 0.9 MPa.
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Table 4.3 Fitting parameters estimated by Abaqus for selected stress-strain curves plotted in Figure 4.7.
• indicates the stiffest response.
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Despite no repeatable behaviour being observed in any of the three tests, the stress-strain
curves obtained in absence of pre-conditioning appear to cover a wider range of stress
compared to other cases. As an example, selecting a strain value of 0.4, the stress range
in absence of pre-conditioning is 0.068 - 0.76 MPa, for fP being 1.2 Hz is 0.12 - 0.32
MPa and for fP being 2 Hz is 0.21 - 0.4 MPa.
A limited number of samples display an evident non-monotonic response: around a
strain value of 0.2 the stress suddenly drops. Since this feature is followed by an
increase in both strain and stress amount, such behaviour could be interpreted as failure
of a number of fibres within the sample. However, the subsequent collagen recruitment
overcomes that alike failure.
Figure 4.8 Mean (marker) and standard deviation (error bar) calculated for the adimensional fitting
parameters listed in Table 4.3.
The stiffest and the softest response obtained for each fP (Figure 4.7) have been selected
to be fitted by constitutive models. As a result, the coefficients are listed in Table
4.3. However, a faster comparison is offered in Figure 4.8 and 4.9. The adimensional
coefficients are significantly less scattered for fP being 1.2 Hz (Figure 4.8). Differently,
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comparing the other parameters in Figure 4.9, the model coefficients are closer when fP
is 2 Hz.
Figure 4.9 Mean (marker) and standard deviation (error bar) calculated for the fitting parameters listed
in Table 4.3. Since standard deviation exhibit different order of magnitude, a zoom in of plot A is given
in plot B.
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Observations
Non-aneurysmal abdominal aorta walls have been rarely tested by means of uniax-
ial tensile tests. The results obtained in the present study can be compared with the
responses obtained by Raghavan et al. (Raghavan et al., 1996) for human infrarenal
aorta. Athough maximum strain achieved is comparable to results in Figure 4.7, they
reported a considerably higher stress of about 1.75 MPa. Such value, obtained by
means of a completely different experimental protocol, may be affected mostly by the
thickness measurement performed by means of a dial caliper. Similarly, Xiong et al.
(Xiong et al., 2008) tested samples of abdominal aorta retrieved from human cadaveric
organ donors. Despite the figure captions appear not entirely clear, the maximum stress
achieved are centred around the value of 1 MPa in the longitudinal direction. Their
tests were performed after a different storage (4°C) and adopting a completely different
protocol from the present investigation. Therefore, the values presented in Figure 4.7
appear lower in terms of stress levels, since tests could not be carried out up to rupture.
However, the maximum strain achieved 0.6 is in agreement with Xiong et al. (Xiong
et al., 2008). Differently, Sokolis et al. (Sokolis et al., 2002) obtained a wider range of
strain. Although calculations are needed to compare their response from porcine aorta
with Figure 4.7, they recorded about double the maximum strain. Further calculations
show that the maximum stress they report is about 0.8 MPa, which has been rarely
observed in this work (Figure 4.7).
4.2.2 Thoracic circumferential samples
The responses obtained from dumb-bell samples cut from thoracic aorta in the circum-
ferential direction are displayed in Figure 4.10. The maximum stress values reached
during such tests are included in a quite large range: 0.25 MPa – 1 MPa.
A surprising repeatable behaviour is observed when a fP of 1.2 Hz is applied to the sam-
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ples, as responses appear quite overlapped compared to other tests. However, selecting
a strain value of 0.4, the stress range in the absence of pre-conditioning is 0.07 - 0.26
MPa, for fP being 1.2 Hz is 0.53 - 0.77 MPa and for fP being 2 Hz is 0.11 - 0.36 MPa.
No visible difference between the absence of pre-conditioning and tests performed after
a 2 Hz cycling can be observed.
Figure 4.10 Uniaxial stress-strain response of thoracic circumferential dumb-bells, pre-conditioned for 5
cycles at selected frequencies. Data filtered by custom made script (black circles) have been imported in
the FE model.
Analogously to abdominal samples, the stiffest and the softest mechanical responses
(Figure 4.10) have been fitted to different constitutive models. The estimated coefficients
are listed in Table 4.4. The least scattered values of adimensional parameters are
observed at fP being 2 Hz. The unusual behaviour shown at 1.2 Hz (Figure 4.10) relates
to the closest mean values, however the standard deviation is significant. In contrast,
Ogden remaining parameters, as well as Yeoh ones, are more scattered at 1.2 Hz (Figure
4.12).
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Table 4.4 Fitting parameters estimated by Abaqus for selected stress-strain curves plotted in Figure 4.10.
• indicates the stiffest response.
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Figure 4.11 Mean (marker) and standard deviation (error bar) calculated for the adimensional fitting
parameters listed in Table 4.4.
Figure 4.12 Mean (marker) and standard deviation (error bar) calculated for the fitting parameters listed
in Table 4.4. Since standard deviation exhibit different order of magnitude, a zoom in of plot A is given
in plot B.
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4.2.3 Thoracic longitudinal samples
The behaviour of the longitudinal thoracic samples is reported in Figure 4.13. The
maximum stress values recorded for thoracic longitudinal sample ranges between 0.1
MPa and 0.5 MPa.
Figure 4.13 Uniaxial stress-strain response of thoracic longitudinal dumb-bells, pre-conditioned for 5
cycles at selected frequencies. Data filtered by custom made script (black circles) have been imported in
the FE model.
Despite no repeatable behaviour can be observed in any of the three tests, stress-
strain curves obtained in the absence of pre-conditioning cover a wider range of stress
compared to other cases. As an example, selecting a strain value of 0.4, the stress range
in the absence of pre-conditioning is 0.07 - 0.25 MPa, for fP being 1.2 Hz is 0.14 - 0.23
MPa and for fP being 2 Hz is 0.12 - 0.29 MPa.
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Table 4.5 Fitting parameters estimated by Abaqus for selected stress-strain curves plotted in Figure 4.13.
• indicates the stiffest response.
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Fitting parameters obtained for the stiffest and the softest response are listed in Table
4.5. The adimensional parameters are compared in Figure 4.14: the minimum scatter is
clearly related to fP being 2 Hz. Similarly, the remaining parameters are significantly
closer at the same frequency and comparable to fP being 1.2 Hz (Figure 4.15).
Figure 4.14 Mean (marker) and standard deviation (error bar) calculated for the adimensional fitting
parameters listed in Table 4.5.
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Figure 4.15 Mean (marker) and standard deviation (error bar) calculated for the fitting parameters listed
in Table 4.5. Since standard deviation exhibit different order of magnitude, a zoom in of plot A is given
in plot B.
Observations
The analyses conducted on fitting parameters show that the highest fP generates the
least scattered coefficients for the thoracic samples (Figure 4.11, 4.12, 4.14 and 4.15).
Thoracic results, displayed in Figure 4.10 and 4.13, may be compared with the most
recent mechanical characterization of Pena et al. (Peña et al., 2015). Their Cauchy
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stress-stretch plots show a maximum stress, mean value of all samples, of about 0.14
MPa in the circumferential direction and 0.16 MPa in the longitudinal one. Such values,
converted into engineering stress, have been reached for analogous strain levels during
the present research, but a significant wider range of results has been covered (Figure
4.10). Although the same definition of zero load point has been adopted, they performed
a remarkably different pre-conditioning stage, consisting in three cycles carried out at
increasing load values.
4.3 Equi-biaxial tests on aortic tissue
Similarly to uniaxial tests, the biaxial mechanical behaviour of the porcine aortas has
been investigated for the thoracic and abdominal districts. For each of them six square
samples (20 mm x 20 mm), aligned along the circumferential and longitudinal direction,
have been prepared and tested in load control (Figure 4.16).
Figure 4.16 Equi-biaxial tests apply the same force (F) along each direction of the square sample.
However, the stress-strain response for an anisotropic material is expected to be different depending on
the direction.
The Green-Lagrange strain field has been mapped for each specimen through DIC pro-
cessing. The first Piola-Kirchhoff stress has been evaluated over the specific thickness
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of each sample, which has been estimated in the undeformed configuration. Despite the
same value of stress being expected, the aortic anisotropy generates slightly different
stress-strain responses along each direction.
4.3.1 Abdominal samples
Abdominal results, displayed in Figure 4.17, highlight the wall anisotropy. The longitu-
dinal direction appears generally stiffer compared to the circumferential one (Figure
4.18). However, the response observed below strain 0.1 occurs to be substantially
isotropic.
Figure 4.17 Biaxial stress-strain response of abdominal aorta, previously pre-conditioned for 5 cycles.
Markers couple the longitudinal (red) and circumferential (blue) response obtained from the same sample.
In terms of maximum stress levels reached, the longitudinal constituent exhibits lower
stress values compared to the circumferential one. Overall such values range from
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0.05 to 0.09 MPa. Among the same sample, the minimum difference between the
circumferential and longitudinal stress is 0.002 MPa. In terms of strain, highest values
range from 0.24 to 0.38. However, for none of the sample the difference in strain
between the two directions exceeds 0.09.
Figure 4.18 Biaxial stress-strain response of abdominal aorta. Each line averages the values of all 6
samples tested, while errorbars show the standard deviation.
Observations
The mechanical response obtained from abdominal aorta (Figure 4.17) is comparable
to the work of Vande Geest et al. (Vande Geest et al., 2006) in terms of stress, being
the maximum in both circumferential and axial direction approximately 0.08 MPa.
In contrast, their work highlights that strain levels never exceed 0.15. This reduced
distensibility compared to Figure 4.17 may be explained because of the different pre-
conditioning protocol (9 cycles) and considering that they harvested the tissue samples
from human autopsy. Although the anisotropy is not substantial, the ratio between peak
Green strain values shows that the axial direction appears generally stiffer than the
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circumferential one in the healthy abdominal aorta. Such result is in agreement with
this chapter findings (Figure 4.17).
4.3.2 Thoracic samples
Thoracic responses, reported in Figure 4.19, confirm the anisotropic behaviour of the
aorta. Once again, the circumferential component represents the softest one, reaching
higher stress and strain values compared to the longitudinal one. However, the longitu-
dinal constituent exhibits a stiffer behaviour (Figure 4.20).
Figure 4.19 Biaxial stress-strain response of thoracic aorta, previously pre-conditioned for 5 cycles.
Markers couple the longitudinal (red) and circumferential (blue) response obtained from the same sample.
Overall maximum stress levels range from 0.05 to 0.08 MPa. However, among the
same sample, the scatter between the circumferential and longitudinal stress does not
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exceed 0.02 MPa. In terms of strain, highest values range from 0.21 to 0.38. Such
gap represents the maximum achieved within a sample, while the minimum difference
recorded is 0.05.
Figure 4.20 Biaxial stress-strain response of thoracic aorta. Each line averages the values of all 6 samples
tested, while errorbars show the standard deviation.
Observations
Although a load controlled equi-biaxial test similar to the present study has been per-
formed, Pena et al. (Peña et al., 2015) found that for thoracic samples the circumferential
direction is evidently stiffer than the longitudinal one. Thus, results presented by Pena
et al. find no clear justification, since responses in Figure 4.19 show the longitudinal
component to be generally stiffer. In addition, they report a reduced distensibility for
analogous maximum stress levels (0.08 MPa). They adopted a stress rate of 2 kPa/s
for 35mm x 35mm samples, which is, for their thickest specimen, equal to the value
specified in Chapter 3 (0.2 N/s). A slower speed rate could certainly not justify their
inferior level of strain and the use of a warm bath during the tests could unlikely be
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responsible for such behaviour.
4.4 Comparisons of experimental data
Uniaxial responses collected for abdominal (Figure 4.7) and thoracic (Figures 4.10 and
4.13) porcine aortas are compared in Figure 4.21, taking into account the stiffest and
softest curves.
Figure 4.21 Comparison of uniaxial stress-strain responses of porcine aorta: abdominal aorta in the axial
direction (blue), thoracic aorta in circumferential (green) and longitudinal (red) direction. Each line
averages the values of all 6 samples tested, while errorbars show the standard deviation.
Abdominal responses cover a much wider range both in terms of stress and strain com-
pared to thoracic ones. Focusing on softest behaviours, no difference can be appreciated
up to strain 0.67, over which responses diversify: while the thoracic circumferential
(green) increases the stress exponentially, the corresponding axial component (red)
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reaches a plateau. On the other end, stiffest thoracic responses differ only in the range
of strain 0 - 0.2, displaying a different concavity (Figure 4.21).
Figure 4.22 Comparison of biaxial stress-strain responses of porcine aorta: thoracic aorta in circumfer-
ential (green) and longitudinal (black) direction, abdominal aorta in the circumferential (blue) and axial
direction (red).
Since the biomechanical response of aortic tissue to uniaxial loading conditions is in-
sufficient for the characterization of its three-dimensional mechanical behaviour (Vande
Geest et al., 2006), planar biaxial tests have been carried out. Superimposing the biaxial
response of abdominal and thoracic porcine aortas no pronounced differences can be
appreciated (Figure 4.22). In order to compare the limits, only the stiffest and softest
curves are reported.
In terms of circumferential components, abdominal responses cover a wider range of
stress compared to the thoracic. Furthermore, thoracic results cover the softest area
of abdominal results. Looking at the longitudinal behaviours, abdominal stress strain
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curves appear generally stiffer than the thoracic. In this case, the amplitude of stress
ranges are quite similar.
Finally, as additional outcome of this experimental campaign, an interesting analogy
between the uniaxial and biaxial tensile tests is available. While uniaxial tests allow
greater deformations of the sample, biaxial tests restrain considerably the range of stress
and strain that the sample may experience.
Figure 4.23 Comparison of uniaxial (red) and biaxial stress-strain responses of abdominal aorta. Each
line averages the values of all 6 samples tested, while errorbars show the standard deviation.
This effect is quite clear in Figure 4.23, where abdominal responses are compared.
Dog-bone shaped samples along the axial direction (red) cut out the circumferential
response, thus maximum stress of 0.5 MPa has been recorded (Figure 4.23). Differently,
an equi-biaxial test performed on a square specimen ensure that both components are
subjected to the same stress. Hence, anisotropy effects are limited.
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Similarly, thoracic behaviours obtained from uniaxial tests display a different magnitude
in terms of stress and strains compared to biaxial tests. Furthermore, the longitudinal
component appears softer than the circumferential as a result of uniaxial deformations.
On the contrary, such axial component becomes predominant during biaxial tests, where
it exhibits a generally stiffer behaviour (Figure 4.24).
Figure 4.24 Comparison of uniaxial and biaxial stress-strain responses of thoracic aorta.
Concluding, uniaxial tests are remarkably simpler to perform compared to biaxial
examinations. However, characterizations of dumb-bells show considerably stiffer
mechanical responses, larger strain and higher stress than square samples. Furthermore
the anisotropic behaviour of the thoracic aorta is not highlighted by comparing uniaxial
outcomes (Figure 4.21), while it looks clear looking at biaxial results (Figure 4.22). It
is worth emphasizing that biaxial tensile tests executed in force control are challenging
and can be performed only by certain facilities. Thus, great efforts were needed to
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collect carefully the experimental responses listed in the present Chapter aiming to
design accurate finite element models.
Chapter 5
Computational models
The formation of aortic aneurysm resembles, from the mechanical point of view, the
problem encountered in structural engineering of the plastic deformation, permanent
bulging, and subsequent rupture of a tube under the effect of a continuous oscillatory
internal pressure (Lasheras, 2007). However, in the case of arteries, the problem to
be analyzed is more intricate, since the walls are composed of a complex anisotropic
structure (Humphrey, 2002). Therefore, the present chapter reports the details of FE
models designed to approach the problem of aneurysm formation. Two main approaches
are presented: isotropic (Section 5.2) and anisotropic (Section 5.3) modelling.
First of all, a cylindrical geometry modelling a generic rubber-like material is reported
in Section 5.2.1. Thus, experimental data-set obtained from rubber trials, shown in
Section 4.1, are imported into the model to quantify the effect of different experimental
features, such as fP. The second model (Section 5.2.2) is intended as a simplified aorta,
with the geometry still being cylindrical. Since material properties derive from uniaxial
tensile test, this model is isotropic and studies two different aspects: a physiologic
cardiac activity and the bulging instigation.
In Section 5.3, a sequence of four models is presented to detail a challenging imple-
mentation of FE anisotropic models. The thoracic and abdominal mechanical responses
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taken into account are based on the biaxial tensile tests.
5.1 Preliminary assumptions
An arterial wall in the unloaded configuration is not stress free (Chuong & Fung, 1986;
Vaishnav & Vossoughi, 1987). The role of the so called residual stresses can be revealed
by making a radial cut in a ring segment of an artery: as the cut ring springs open, the
resulting arc- shaped specimen approaches the stress-free state. Such residual stresses
give rise to residual strains.
However, these stress levels are not large in comparison with the in vivo stress in the
arterial wall (Vaishnav & Vossoughi, 1987). Furthermore, uniaxial and biaxial testing
(Section 3.2) remove the sample curvature, and do not take into consideration the
residual stress characterized by the opening of an unpressurized aortic segment when it
is cut longitudinally (Labrosse et al., 2009). Labrosse et al. (2009) also observed no
appreciable differences in material constants whether or not residual stress was taken
into account. In a classic thick-walled cylinder under pressure, the circumferential and
longitudinal stresses are expected to be highest at the lumen, and decrease radially. In
the case of a pressurized cylinder with residual stress, it is excepted that residual stresses
decrease the stress gradient across the wall under pressurization (Labrosse et al., 2009).
The quantification of this aspect is not accounted for among the objectives of the present
study.
Previous studies assumed the stress in the load-free configuration, in which the arterial
wall is not subjected to any loads, to be negligible (Georgakarakos et al., 2010; Raghavan
& Vorp, 2000; Wang et al., 2002). The same assumption has been made for models
presented in the following sections.
Further assumptions on the aortic wall structure were taken. Although aorta consists
of three layers (Section 1.1.3), only a single layer (Badel et al., 2011; Doyle et al.,
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2007; Lee et al., 2014; Maher et al., 2012a) has been modelled in the present study.
Such originates directly from the experimental methodology, since layers have not been
tested separately (Section 3.1). Thus, the overall response of the aortic samples has been
assigned to the computational model of the wall. In addition, the wall micro-structure
has been assumed homogeneous, as its histology has not been investigated during the
experimental testing.
Finally, no contact with the spine and organs was simulated.
5.2 Isotropic models
In literature, arteries are widely modelled as hollow tubes (Alhayani et al., 2013, 2014;
Avril et al., 2010; Badel et al., 2011). Among these, the simplification of healthy aortic
geometry in cylindrical models has been previously adopted (Scotti et al., 2008; Zhao
et al., 2008).
Figure 5.1 Schematic outline of the FE analyses performed for rubber and aortic material properties
by means of isotropic models. Red numbers indicate the Sections in which experimental data have
been presented (Chapter 4) and each model is detailed. Data obtained from aortic tissue have been used
to perform two different analyses (blue boxes). Two approaches (light blue boxes) were attempted to
simulate the physiologic pulsatile inflation.
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Besides, isotropic modelling is based on experimental data collected from uniaxial
tensile tests and post-processed. Such simplified design is a valuable step in carrying out
preliminary buckling evaluations by means of the Riks algorithm. A graphical outline
of the isotropic models that will be introduced in the subsequent sections is displayed
in Figure 5.1.
5.2.1 Modelling a rubber tube
The main aim of the simulations based on rubber mechanical responses is to highlighting
the influence of pre-conditioning frequency adopted during the experimental session on
the measured mechanical properties of the tissue. In order to simulate the inflation of a
cylindrical distensible tube, a circular tube is created using Abaqus (Dassault Systèmes
S.A., France), in accordance with a typical geometry extensively used in literature
Shi and Moita (Shi & Moita, 1996) to assess aneurysm formation (Bucchi & Hearn,
2013b). Thus, dimensions of the distensible tube are: external radius 10 mm, thickness
1 mm and length 200 mm. Four node shell elements with reduced integration (S4R)
(Gonçalves et al., 2008; Lopes et al., 2007) are adopted to mesh the tube with a radius
equal to 9.5 mm, representing the radius of the middle plane between the internal and
external cylindrical surface.
A mesh sensitivity study is carried out to prove independence of results from the adopted
discretization, and at the same time to optimize the computational cost. The coarsest
mesh (Mesh 1) is formed by 8 elements along the circumference and 44 elements along
the longitudinal direction, for a total number of 352 elements. Subsequent mesh refine-
ments are obtained doubling elements in both directions. Hence, Mesh 2 is constituted
by 1408 elements, Mesh 3 by 5632 elements and the finest Mesh 4 by 22528 elements
(Figure 5.2).
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Figure 5.2 Mesh sensitivity study. Four different refinements are evaluated to understand which one
generates results independent from the discretization.
As boundary conditions, both tube ends are fully constrained (suppressing displace-
ments and rotations). In order to analyse eventual elastic instability during inflation,
the modified Riks method, previously introduced in Section 2.4.3, is adopted. This
algorithm provides a load proportional factor (LPF) to be interpreted as a multiplier of
the initial arbitrary load (pressure) applied to the lumen surface, being 1 kPa for this
model. Below the maximum LPF, the model deforms uniformly. The peak, instead,
represents the critical pressure that causes the aneurysm formation, hence instability.
The experimental data imported in the model are fitted using strain-energy functions
reviewed in Section 2.2.2: Ogden, Neo-Hookean, Arruda-Boyce and Yeoh.
As conclusion of the mesh sensitivity study, the critical pressure values have been
evaluated for three strain-energy functions: Ogden 2nd order, Neo-Hookean and Arruda
Boyce. As showed in Figure 5.3, Mesh 3 appears as the best compromise between
computational costs and results, as the predicted critical pressure value differs 0.4% to
the amount computed for the finest mesh.
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Figure 5.3 Critical pressure values evaluated for three strain-energy functions as part of the mesh
sensitivity study. Mesh 3 (5632 elements) produces quite similar results to Mesh 4 (22528 elements).
5.2.2 Modelling an idealized aorta
Similarly to the previous model, the aortic geometry is simplified to a hollow cylinder
with radius equal to 10 mm (Wang & Parker, 2004) to represent the middle plane section
and length 200 mm. Such geometry is adopted for both the thoracic and abdominal
segment. Hence two models with identical geometry and different material properties
are analysed. The thickness of each model has been assumed to be the average value
estimated from experimental tests: 2.5 mm for the thoracic and 1.64 mm for the ab-
dominal aorta. Such values have been obtained by means of the optical methodology
presented in Section 3.3.
A mesh sensitivity was carried out (Figure 5.4), keeping an element aspect ratio of
about 1. A final mesh of 3264 elements (32 elements in circumferential direction and
102 elements in longitudinal direction) was selected. Once again, a four node shell
elements with reduced integration (S4R) were adopted to mesh the geometry (Badel
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et al., 2013; Raghavan & Vorp, 2000).
Figure 5.4 Mesh sensitivity study. Four different refinements are evaluated to understand which one
generates results independent from the discretization.
Similarly to the previous rubber model, the critical pressure has been explored: Mesh 3
appears to be the best discretization, as reported in Table 5.1.
The isotropic modelling of the aortic wall is based on the fitting of experimental data
collected from uniaxial tensile tests. Hence, the fitting is attempted by several strain-
energy functions: Ogden, Neo-Hookean, Arruda-Boyce, Yeoh and Marlow.
Mesh Number of elements Critical pressure [kPa]
1 208 13.0025
2 816 12.08
3 3264 11.916
4 13056 11.877
Table 5.1 Critical pressure values evaluated for Neo-Hookean strain-energy function as part of the mesh
sensitivity study.
Applying a physiologic load on idealized geometry
The physiologic model aims at exploring the effect of experimental thickness mea-
surement on radial displacement (or deformation) and stress distribution in healthy
conditions. Such analysis represents a typical preliminary stage to study arterial in-
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stability (Badel et al., 2013). Two FEM approaches have been explored to model a
stable aortic response under physiologic pulsatile inflation: the first is based on the
introduction of Rayleigh damping, the second applies a pre-stretch to the model.
Rayleigh damping The equation of motion of a linear dynamic system can be written
as
Mx¨+Cx˙+Kx = f (5.1)
where M, C and K are the mass, damping and stiffness matrices and x and f are dis-
placement and force vectors, respectively. Due to the problems of obtaining a system’s
damping information, there is no practical way of forming the physical damping matrix
by using the finite element method even though damping exists in most mechanical
systems or structures. A common approach is represented by the Rayleigh, decomposed
as:
C = αM+βK (5.2)
where α and β are arbitrary constant coefficients (Liu & Gorman, 1995). In FEM,
damping is a material property specified as part of the material definition. The α
factor introduces damping forces caused by the absolute velocities of the model and
so simulates the idea of the model moving through a viscous ether, so that any motion
of any point in the model causes damping. Such a damping factor gives a damping
contribution proportional to the mass matrix for an element. The β factor introduces
damping proportional to the strain rate, which can be thought as damping associated
with the material itself. Although viscous effect can be captured better by fluid-dynamic
studies, Rayleigh damping represents an attempt to take into account the visco-elastic
nature of the aortic wall in this study.
Since the model may have quite general nonlinear response, the concept of stiffness
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proportional damping must be generalized, since it is possible for the tangent stiffness
matrix to have negative eigenvalues (which would imply negative damping). To over-
come this problem, β is interpreted in Abaqus as a viscous component, which creates
an additional damping stress. This damping stress is added to the stress caused by the
constitutive response at the integration point when the dynamic equilibrium equations
are formed, but it is not included in the stress output (Dassault Systèmes, 2014).
Mass proportional
damping factor
α
Stiffness proportional
damping factor
β
0.0005 0.001
0.001 0.002
0.01 0.01
0.01 0.02
0.01 0.1
0.02 0.01
0.03 0
0.1 0.01
1 0
2 0
5 0
9 0
10 0
10 0.001
Table 5.2 Combinations of Rayleigh damping coefficients attempted to describe aortic tissue in Abaqus.
Firstly, a transient dynamic model was conceived. In order to avoid excessive circum-
ferential and longitudinal fluctuations during the cardiac cycle, Rayleigh damping has
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been applied to model the energy dissipation.
Despite the Rayleigh approach counts damping weighting coefficients proportional to
the mass (α) and stiffness (β ) matrix (Bathe, 1996), some studies preferred to take into
account only the coefficient α (Conway et al., 2012; Tezduyar et al., 2008). However,
the adopted values for arterial models are rarely published and not justified by any
experimental evidence: Tezduyar et al. apparently assigned a value of 0.006 s−1 to α
(Tezduyar et al., 2008).
Therefore, in this first approach, several combinations of coefficient values have been
explored, as reported in Table 5.2.
Axial pre-stretch The other approach is based on the physiologic evidence that arter-
ies in situ are pre-stretched in the axial direction (Horný et al., 2014; Learoyd & Taylor,
1966). The implementation of such boundary condition is consistent with other recent
numerical studies (Alhayani et al., 2013; Badel et al., 2013). In this study a pre-stretch
λ = 1.09 (Learoyd & Taylor, 1966) was applied to model physiologic boundary condi-
tions.
Figure 5.5 Physiologic pressure waveform reported by Scotti et al. (Scotti et al., 2008) (A), extracted
and normalized on 1 second in Matlab (B). The minimum pressure is 70 mmHg, the maximum is about
117 mmHg.
The application of the pulsatile cycle is obtained by a slow inflation of the aorta up to
the diastolic pressure value (80 mmHg). The pressure waveform adopted (Scotti et al.,
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2008) was normalized to a 1 second period for cycle to simulate 60 bpm (Figure 5.5). In
order to compare the predictions of radial displacements and wall stress, two numerical
analyses have been conducted for the pulsatile cycle: quasi-static (periodic pulsatile
pressure) and dynamic. The outcome of such model is presented in Section 6.1.3.
Aneurysm formation
A supra-physiologic state (Schmidt et al., 2015) is used to study the case of aneurysm
formation. Differently from the physiologic model, no axial pre-stretch was applied to
simulate the worst case scenario: the pre-stretch, normally ensuring arterial stability
(Rachev, 2009), rapidly decreases with ageing (Horný et al., 2014). This condition is
relaxed in order to increase the likelihood to predict aortic buckling, hence both ends
were fully constrained. An internal inflating pressure of 1 kPa was applied.
Figure 5.6 Schematic of artificial local imperfections introduced in the FE model of aorta. Both
alterations affect the middle part (A) of the geometry. In order to study possible effects on aneurysm
formation, an abrupt (B) or smoothed (C) imperfection reduces locally the thickness of the model.
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Although several simulations are performed on a geometry characterized by homoge-
neous thickness, further analyses explore the presence of a geometrical imperfection
affecting wall thickness. Thus, artificial local macroscopic imperfections were intro-
duced in the computational model to understand whether geometrical alterations are
critical for aneurysm formation.
Particularly, an abrupt axysimmetrical ring imperfection (Lopes et al., 2007) in the
central part of the aorta was produced, reducing by 50% the thickness of the shell in the
central part of the aortic model (Figure 5.6 B). In order to figure out whether the profile
of the alteration may affect the results, the ring imperfection has been subsequently
smoothed assuming a sine shape (Figure 5.6 C). Finally, the existence of a threshold,
below which aneurysm may be predicted in a healthy thoracic aorta presenting local
thickness reduction, has been investigated.
5.3 Anisotropic models of aorta
Among the anisotropic models available in literature, reviewed in Section 2.2.3, Fung
strain-energy function has been selected. Differently from the HGO model, Fung
strain-energy function focuses on the phenomenological aortic behaviour, neglecting
fibres orientation. The dispersion and angles of fibres require microscopic analyses that
are beyond the aim of this research. Furthermore, the application of the Fung model,
to which limited attention is reserved in the state of art, to study aneurysm formation
represents one of the novelties of the present work.
The material properties assigned to the Fung orthotropic formulation in Abaqus are
based on the parameters obtained from the fitting procedure described in Section 3.3.1.
In Abaqus, the generalized Fung strain-energy potential has the following form:
W =
C
2
[
eQ(E)−1
]
+
1
D
(
J2el−1
2
− lnJel
)
(5.3)
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where C and D are temperature-dependent material parameters and Jel is the elastic
volume ratio. The initial bulk modulus K0 depends on the initial deviatoric elasticity
tensor D as follows
K0 =
2
D
. (5.4)
In order to define full incompressibility, hybrid formulation (Section 2.4) has been
adopted and D parameter has been set as nil for all the following models (Dassault
Systèmes, 2014).
Such anisotropic modelling has been applied to four different geometries, intended as
four steps of increasing complexity. This approach aims at building a systematic and
reliable methodology to face the challenges presented by Fung modelling. In addition,
the four geometries allow a comparison of the results with isotropic models described
in Section 5.2.2.
Figure 5.7 Schematic outline of the FE analyses performed for anisotropic models of aorta. Pink
geometries are characterized by material properties of thoracic aorta, while purple ones refer to abdominal
aorta.
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Two analyses are performed on all the following models.
Firstly, a static inflation up to 16 kPa (∼ 120 mmHg) is performed while both ends
are fully constrained. Secondly, an aneurysm formation is instigated by means of the
modified Riks method (Section 2.4.3). An internal inflating pressure of 1 kPa is applied
and the same boundary conditions employed for the static inflation are assigned. A
graphical outline of the anisotropic models that will be introduced in the subsequent
sections is displayed in Figure 5.7.
Differently from isotropic models, solid elements instead of shell ones are selected as
preliminary tests showed an increased stability of these simulations. Such considerations
appear to be in agreement with Abaqus recommendations (Dassault Systèmes, 2014).
Hence, 8-node linear brick elements, featuring reduced integration with hourglass
control and hybrid with constant pressure (C3D8RH), mesh the geometries (Alhayani
et al., 2013; Badel et al., 2011).
Since the present work does not focus on the gradient of stress generated across the
wall, a single element was assigned for each model across the arterial wall. In addition,
although rarely in literature the number of elements for each direction are reported,
Takizawa et al. (Takizawa et al., 2010) observed comparable results using one or two
layers of elements.
5.3.1 Cylindrical geometries
As the first step of the anisotropic modelling, the simplified cylindrical geometry de-
scribed in Section 5.2.2 is adopted for both the thoracic and abdominal segment. Thus,
two models of identical geometry and different material properties are generated. In
both cases the internal diameter measures 20 mm. As reported for the isotropic aortic
design, a specific thickness, assumed constant along each model, is assigned to the
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abdominal (1.64 mm) and thoracic (2.5 mm) segment.
A mesh of 3264 C3D8RH elements (32 elements in circumferential direction and 102
elements in longitudinal direction) is generated.
5.3.2 Cylindrical geometry: descending aorta
The second step in the Fung modelling process uses the same material properties
adopted in the previous design coupled into a single model. Therefore a new cylindrical
geometry, intended as a simplification of a descending aorta, is obtained: the material
properties of the upper segment refer to the thoracic and the behaviour of the inferior
sector to the abdominal aorta. However, the total length (335 mm) is smaller compared
to the sum of the previous models (200 mm each). Such choice will be explained in
Section 5.3.4.
Previous cylindrical geometries report a constant thickness, specific for each segment.
In order to avoid a geometric abrupt discontinuity along the junction between the aortic
districts, the value earlier assigned to the abdominal simplified geometry is adopted for
this current model. In other words, the thickness in this case is equal to 1.64 mm along
the whole model.
A mesh of 6732 C3D8RH elements (32 elements in circumferential direction and 210
elements in longitudinal direction) is generated.
On the other hand, the discontinuity of material properties appears not easily avoidable.
The main objective of the present modelling step is to increase the complexity of the
material response: the specific mechanical behaviours, collected with up-to-date exper-
imental techniques, are contiguous in the model. Furthermore, joining two different
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and specific biological responses is an aspect rarely addressed in literature, that appears
novel for the Fung formulation.
5.3.3 Physiologic geometries
The third step of the anisotropic modelling process takes into account different geo-
metric features. Although these models remain a simplification of the real aorta, the
geometry appears of increased complexity and closer to in vivo structure.
Two realistic models are conceived using data originally tabulated by Noordergraaf
(Noordergraaf, 1956) and successively updated, for the lower abdominal aorta, by West-
erhof et al. (Westerhof et al., 1969). Recently, Wang & Parker (Wang & Parker, 2004)
adjusted such dimensions to produce a realistic human arterial tree. Thus, the values
of length, diameter and wall thickness adopted for the design of the present thoracic
model refer to Thoracic aorta I and II (Wang & Parker, 2004). Analogously, data for the
abdominal model are taken from Abdominal aorta I to IV details (Wang & Parker, 2004).
Therefore, differently from previous models, each aortic district is now distinguished
by different length and diameter. Furthermore the thickness is no longer constant
along each design. A mesh of 5728 C3D8RH elements (32 elements in circumferential
direction and 179 elements in longitudinal direction) is generated for the abdominal
aorta, while 1920 C3D8RH elements (32 elements in circumferential direction and 60
elements in longitudinal direction) are employed for the thoracic segment.
Once again, specific material properties are assigned to each model.
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5.3.4 Physiologic geometry: descending aorta
As the fourth and last step in the anisotropic modelling methodology a realistic human
descending aorta is conceived. This model is generated joining the physiologic geome-
tries described in the previous step (Section 5.3.3) and based on published data.
Figure 5.8 Model of descending aorta: the upper district refers to the thoracic aorta, the lower one to
the abdominal aorta. Dimensions refer to published data (Noordergraaf, 1956; Wang & Parker, 2004;
Westerhof et al., 1969); Φi indicates the internal diameter.
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The design is displayed in Figure 5.8, where the decreasing diameter from thoracic to
abdominal district can be appreciated. The total length, equal to 335 mm, has been
adopted in the previous model of cylindrical descending aorta (Section 5.3.2). A mesh
of 5874 C3D8RH elements is generated.
Similarly to Section 5.3.2, the discontinuity of material properties is present.
Chapter 6
Computational Results
The evaluation of whether a supra-physiological pressure would lead to aneurysm
formation is accounted among the novelties of this thesis. Such macro-structural
prediction has been based on accurate aortic wall mechanical properties. Therefore, the
hyper-elastic behaviours presented in Chapter 4 have been imported in FE models to
find out the critical point at which a bulge formation is predicted.
In Section 6.1 all the numerical results derived from the isotropic model, based on
uniaxial mechanical properties, are reported. Among such responses, the impact of the
pre-conditioning frequency ( fP) on rubber behaviour is detailed by means of FE models
in Section 6.1.1. Analogous analyses based on aortic tissue behaviour are presented
in Section 6.1.2. In Section 6.1.3, the effect of the sample thickness measurement on
FE simulations is detailed investigating, in an idealized model of the aorta, either the
physiologic behaviour or the aneurysm formation. The predictions obtained by means
of the anisotropic models, taking into account the biaxial response of the aorta, are
presented in Section 6.2. Finally, all numerical results are discussed in Section 6.3.
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6.1 Predictions obtained from isotropic models
The first model has been designed to assess the response of an isotropic simplified
geometry. Therefore, filtered stress-strain responses have been imported and fitted
by several SEF in Abaqus (Dassault Systèmes S.A., France). Such material has been
adopted to describe a hollow cylinder geometry, which details are reported in Section
5.2.
6.1.1 Rubber design
The impact of fP on the critical pressure prediction is shown in Table 6.1 for the strips
and Table 6.2 for the dumb-bells.
The fitting procedure of stress-strain data has been carried out in Abaqus. The material
properties estimated to be unstable over the specified range of strain for a certain
constitutive model are marked as unstable in the following tables. The Drucker stability
criterion (Cadge & Prior, 1999) checks over a single element that the stiffness matrix
of an incompressible material is positive definite. Such requirement ensures that
a positive work is done to deform the modelled material. In this context, Abaqus
provides a convenient tool (Evaluate) to assess how the experimental data could fit
different material formulations. The coefficients necessary for the specified strain
energy functions are calculated to compare the behaviour predicted by the material
model and the experimental data. Hence, the software detects material instability.
Differently, whether the material has been assessed as stable, the absence of a critical
pressure is designated as no aneurysm, meaning that the aneurysm is not formed.
Whether an aneurysm is predicted, a bulge is formed as reported in Figure 6.1.
Numerical predictions associated to strips data-set show that Neo-Hookean strain-energy
function always predicts the highest level of instability, while the Ogden models estimate
the lowest values. The absence of pre-conditioning enlarges by far the range of critical
pressures (15.2 kPa – 28.3 kPa), which corresponds to a ∆P= Pmax−Pmin= 13.1 kPa.
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The use of 0.2 Hz of pre-conditioning reduces this range (20.2 kPa-29.3 kPa), ∆P = 9.1
kPa. Furthermore, this trend is even more appreciable for 0.6 Hz or 1.6 Hz that produce
a pressure difference of ∆P = 7.4 kPa and ∆P = 6.5 kPa respectively (Table 6.1).
Figure 6.1 Stages of aneurysm formation predicted after an uniform static inflation of a rubber cylindrical
model. The critical pressure is indicated by the red dot.
An analogous trend is observed in simulations based on dumb-bells stress-strain be-
haviour, as confirmed in Figure 6.2. Dumb-bells experimental responses are fitted
by a larger number of strain-energy functions compared to other frequencies of pre-
conditioning (Table 6.2). The maximum pressure difference of ∆P = 10.7 kPa is
observed in absence of pre-conditioning, in the range 17.4 kPa – 28.2 kPa. The scatter
of critical pressure values is progressively reduced with the increasing of fP, reaching
the minimum difference ∆P = 5.8 kPa (22.5 kPa – 28.2 kPa) at 1 Hz (Table 6.2).
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Table 6.1 Critical pressure values [kPa] calculated with the specified strain energy functions. The
experimental data were obtained after strip pre-conditioning performed at the showed frequencies.
Unstable indicates lack of stability as predicted during the fitting procedure, no aneurysm specifies that
no peak pressure was reached. For 0 Hz and 0.2 Hz the stiffest (first column) and softest (second column)
stress-strain response were taken into account. Conversely, an average curve was chosen for 0.6 Hz and
1.6 Hz.
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Table 6.2 The critical pressure values [kPa] of dumb-bell samples, calculated with several models
similarly to Table 1. The effect of a different sample shape can be evaluated comparing the pre-
conditioning frequencies 0 Hz and 0.2 Hz. Unstable indicates lack of stability as predicted during the
fitting procedure, no aneurysm specifies that no peak pressure was reached. For 0 Hz, 0.2 Hz and 0.8
Hz the stiffest (first column) and softest (second column) stress-strain response were taken into account.
Conversely, an average curve was chosen for 1 Hz.
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Despite different pressure differences are observed, the ANOVA tests deny any statis-
tical evidence of the fP adopted to pre-cycle strips (p = 0.7) or dumb-bells (p = 0.3)
samples.
Figure 6.2 Comparison of different aneurysm shapes predicted just after the pressure reaches a critical
point. The adopted test data are referred to strips pre-conditioned at 0.2Hz, selecting two different
stress-strain curves: the stiffest and the softest. The stiffest stress-strain response used: A) Ogden second
order, B) Neo-hooke, C) Arruda-Boyce. The softest stress-strain response used: D) Ogden second order,
E) Neo-hooke, F) Arruda-Boyce. The first row of results reports von Mises stress, whereas the second
row shows the logarithmic strain values superimposed to the undeformed configuration.
The effect of specific strain-energy functions on the prediction of aneurysm formation in
terms of shape (deformations), radial strains and stress levels is displayed in Figure 6.2.
The compared configurations are generated just after the critical pressure is attained. In
detail, models A, B and C refer to the stiffest response obtained at 0.2 Hz. It appears
that the largest bulge is predicted for the Arruda-Boyce model (C). Similarly, models D,
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E and F belong to the softest behaviour at the same frequency. Once again, the largest
bulge is obtained with the Arruda-Boyce model (F). The radial stretch values are listed
in Table 6.3.
However, it has been observed that the largest bulge (Table 6.3) in not instigated by the
highest critical pressure (Table 6.1).
Strain-energy function
Radial stretch
Stiffest Softest
Ogden 2nd order 9.49 10.9
Neo-Hooke 9.15 9.5
Arruda-Boyce 9.6 12.6
Table 6.3 Comparison of radial stretch values [mm] predicted one step after the pressure reaches a critical
point. These values refer to aneurysm shapes displayed in Figure 6.2.
A statistical comparison between the maximum displacement instigated immediately
after the formation of the bulge has been conducted. Among results depending on
strips experimental behaviour, no meaningful difference between displacement values is
observed (p = 0.62). On the other end, the displacements computed in the model based
on the stress-strain response of dumb-bells show a clear effect of the fP = 1. Results
referred to 1 Hz are statistically dissimilar (p = 0.01) from fP = 0.2 Hz and from the
control test.
Observations
Results presented in the present Section appears to be novel, since they evaluate the
influence of the pre-conditioning frequency, adopted during the experimental characteri-
zation, on the critical pressures computed by the FE model.
For both strip and dumb-bell shape, the maximum scatter of critical pressures is achieved
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when samples are not pre-conditioned (Table 6.1 and 6.2).
As an additional remark, it appears clear that strain-energy functions, fitting the ex-
perimental data, affect the FE results. The softest stress-strain experimental response
obtained after a pre-conditioning at 0.2 Hz is reported in Figure 6.3. This data-set
is fitted by five different strain-energy functions: Arruda-Boyce, Neo-Hooke, Yeoh,
Ogden 1st order and Ogden 2nd order (Table 6.4).
Strain-energy function Fitting parameters
Ogden 1st order µ = 193613.5 [Pa]; α = 3;
Ogden 2nd order
µ1 = 43014.2 [Pa]; α1 = 4.1
µ2 = 209780.2 [Pa]; α2 = 1.4;
Neo-Hooke C10 = 171436.6 [Pa]
Arruda-Boyce µ = 259278.9 [Pa]; µ0 = 278386.105 [Pa]; λm = 3
Yeoh
C10 = 122362.3 [Pa]; C20 = 4331.1 [Pa]
C30 = 37.2 [Pa]
Table 6.4 Fitting parameters estimated by Abaqus for each strain-energy function plotted in Fig. 6.3 are
reported. Ogden 3rd order resulted unstable.
Despite the stability computed by Abaqus in the range displayed, comparing the plot
in Figure 6.3 and numerical results in Table 6.1 for the softest response at 0.2 Hz, it
seems that the highest critical pressure is associated to the stiffest stress-strain fitting
below strain 1, given by the Neo-Hookean model. However, it is worth notice that such
mathematical model provides the poorest fitting of the experimental data-set, compared
to the others. Therefore, the magnitude of numerical results appears affected by the
selection of model fitting the stress-strain response.
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Figure 6.3 Experimental data (red dots), collected from a strip pre-conditioned at 0.2 Hz, fitted by
different strain-energy functions in Abaqus. Ogden 3rd order resulted unstable.
In literature, the modified Riks method has already been employed to study the for-
mation of a local bulge along a rubber tube, the focus was on the effect of the axial
extension ratio on critical pressure values (Gonçalves et al., 2008). In addition, the
influence of the local and global imperfections on critical pressure has been addressed
(Lopes et al., 2007). The influence of certain mesh elements, strain-energy functions,
boundary conditions and tube geometry on numerical predictions have been explored
by Bucchi & Hearn (Bucchi & Hearn, 2013b).
6.1.2 Aortic design: aneurysm formation
Similarly to the computational results presented for rubber material in the previous
section, the role of fP on the critical pressure prediction is presented in Table 6.5 for
the abdominal samples and Table 6.6 and 6.7 for the thoracic ones. The softest and the
stiffest experimental responses have been selected for each frequency. Once again, the
word unstable indicates that the curve fitting procedure in Abaqus, declares the material
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to be unstable over the specified range of strain. Whether no bulge or critical pressure is
predicted the expression no aneurysm is encountered. Figure 6.4 clarifies the possible
outcomes of the numerical analysis.
Figure 6.4 Two possible numerical outcomes of static inflation performed with Riks modified method.
A) The simplified aortic segment is uniformly inflated, but no aneurysm is predicted. B) Following an
initial stage of uniform inflation, the formation of a bulge is computed in the middle of the model.
Numerical results show that a critical pressure is always computed for a Neo-Hookean
SEF. However, significant differences are generally observed between the stiffest and
the softest curves of each test.
In the majority of cases, abdominal results show that no aneurysm is expected to be
formed by such healthy tissues. The minimum range of critical pressures, whether
available, is computed for the stiffest response obtained at 1.2 Hz, being ∆P = Pmax−
Pmin = 0.34 kPa. Conversely, the absence of pre-conditioning maximises this range
(5.9 kPa – 29.5 kPa). The stiffest stress-strain response related to a pre-conditioning of
2 Hz reported the major number of SEFs predicting aneurysm formation (Table 6.5).
The scatter of these values is of ∆P = 11.6 kPa.
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Table 6.5 Critical pressure values [kPa] calculated for abdominal longitudinal data with the specified
strain energy functions. The experimental data were obtained after pre-conditioning performed at the
showed frequencies. Unstable indicates lack of stability as predicted during the fitting procedure, no
aneurysm specifies that no bulge was formed. The stiffest (first column) and softest (second column)
stress-strain response were taken into account for each frequency.
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Similarly, Arruda-Boyce SEF predicts aneurysm formation for the stiffer responses
obtained from thoracic circumferential samples subjected to a pre-conditioning (Table
6.6). Despite the different fP adopted, the stiffer responses report the same pressure
difference of ∆P = 0.38 kPa between the SEF fitting the experimental data. When a
pre-conditioning is neglected, the critical pressures predicted are the lowest.
A different trend is observed for thoracic longitudinal samples (Table 6.7). Stress-
strain responses obtained in the absence of pre-conditioning appear to predict the major
number of critical pressures, in the range (2.2 kPa – 17.2 kPa). In addition, the minimum
∆P = 0.26 kPa is computed for the softer response neglecting the pre-conditioning.
Despite different pressure differences being observed, the ANOVA tests deny any
statistical evidence of the fP adopted to pre-cycle abdominal (p = 0.34), thoracic cir-
cumferential (p = 0.18) or longitudinal (p = 0.86) samples.
Figure 6.5 illustrates how SEFs and the fP value affect the prediction of aneurysm
formation in term of shape displacements and stress levels. Elastic tubes are represented
just after the critical pressure is attained. In detail, model A and B refer to the stiffest
response obtained for thoracic circumferential samples at 1.2 Hz fitted by Neo-Hookean
(A) and Arruda-Boyce (B) SEF respectively. It appears that the highest stress-levels and
largest displacements are predicted for the Arruda-Boyce model (B). Similarly, models
C and D belong to the stiffest behaviour at 2 Hz. However, no appreciable differences
can be observed in the stress levels and displacements computed for Neo-Hookean (C)
and Arruda-Boyce (D) SEF.
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Table 6.6 Critical pressure values [kPa] calculated for thoracic circumferential data with the specified
strain energy functions. The experimental data were obtained after pre-conditioning performed at the
showed frequencies. Unstable indicates lack of stability as predicted during the fitting procedure, no
aneurysm specifies that no bulge was formed. The stiffest (first column) and softest (second column)
stress-strain response were taken into account for each frequency.
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Table 6.7 Critical pressure values [kPa] calculated for thoracic longitudinal data with the specified strain
energy functions. The experimental data were obtained after pre-conditioning performed at the showed
frequencies. Unstable indicates lack of stability as predicted during the fitting procedure, no aneurysm
specifies that no bulge was formed. The stiffest (first column) and softest (second column) stress-strain
response were taken into account for each frequency.
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Figure 6.5 Comparison of different aneurysms predicted one step after the pressure reaches a critical
point. The adopted test data are referred to samples pre-conditioned at 1.2 Hz (A, B) and 2 Hz (C, D).
The stiffest stress-strain curves are adopted. Results from Neo-Hookean (A, C) and Arruda-Boyce (B, D)
strain–energy functions are showed. The first row of results reports von Mises stress [Pa], whereas the
second row shows the displacement values [m].
Although von Mises stress is an axis-independent scalar frequently used as an indicator
of material failure in classical engineering analyses, it is extensively used to assess the
maximum stress in the biomechanical field (Humphrey & Holzapfel, 2012). Since von
Mises stress is quite often reported to map prediction of aneurysm growth (Shang et al.,
2015), repair (Wang & Li, 2011) and rupture (Raghavan & Vorp, 2000; Rodríguez et al.,
2008; Scotti & Finol, 2007; Wang et al., 2002), it has also been adopted in this work to
describe the bulge initiation.
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Observations
Numerical analyses based on aortic tissue behaviour rarely predicted aneurysm for-
mation. It is worth noticing that biological responses appear more challenging to fit
compared to rubber material, as reported in Figure 6.6. Although the third order of
Ogden strain-energy function generally shows the best fitting among the others, no
critical pressure was ever computed for it (Table 6.5, 6.6 and 6.7). As an example, the
fitting parameters for an abdominal data-set (Figure 6.6) are reported in Table 6.8.
Figure 6.6 Experimental data (red dots), collected from an abdominal sample pre-conditioned at 1.2 Hz,
fitted by different strain-energy functions in Abaqus.
The only strain-energy function able to predict regularly a buckling mode and a bulge
appearance is the Neo-Hookean one. Such model has been adopted for analogous anal-
yses by Alhayani et al. (Alhayani et al., 2013). However, they did not explicitly report
any critical pressure value, being more interested in analysing the relation between
axial stretch and critical pressure values. In literature, no other FE study addressed the
supra-physiological loading as a possible cause of aneurysm generation.
Fu et al. (Fu et al., 2012) suggested that the initial formation of aneurysms can be
modelled as a bifurcation phenomenon. However, their analytical studies, based on
6.1 Predictions obtained from isotropic models 147
literature data, predicted no bifurcations for rabbit carotid modelled by Holzapfel and
unrealistic bifurcation pressures for abdominal aortic tissues modelled by Choi & Vito’s
strain-energy function.
Strain-energy function Fitting parameters
Ogden 1st order µ = 236575.1 [Pa]; α = 4.3;
Ogden 2nd order
µ1 = 750.9 [Pa]; α1 = 19.3
µ2 = 333872.2 [Pa]; α2 =−10.3
Ogden 3rd order
µ1 =−782705.3 [Pa]; α1 =−3.01
µ2 = 1348998.7 [Pa]; α2 =−1.4
µ3 = 7040232.9 [Pa]; α3 =−4.9
Neo-Hooke C10 = 144734.02 [Pa]
Arruda-Boyce µ = 285708.8 [Pa]; µ0 = 290955.2 [Pa]; λm = 5.7
Yeoh
C10 = 145280.6 [Pa]; C20 =−96394.2 [Pa]
C30 = 206176.1 [Pa]
Table 6.8 Fitting parameters estimated by Abaqus for each strain-energy function plotted in Fig. 6.6 are
reported.
6.1.3 Aortic design: the role of sample thickness on numerical
predictions
The present analysis aims to explore the impact of the experimental thickness estimation
on FE predictions, as no standard or common practice is available for such measurement.
In the following paragraphs, the outcomes associated to a sample-specific thickness are
compared with results obtained from different width measurements. Thus, two main
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analyses are carried out on an idealized geometry modelled by means of isotropic aortic
behaviour: a physiologic loading and aneurysm instigation. An overall summary of this
study procedure is presented in Figure 6.7.
Figure 6.7 Summary of the steps taken to evaluate the role of sample thickness on numerical outcomes.
Thickness values
The application of the optical method, proposed in Section 3.3, estimated a sample-
specific thickness (average of all values in the region of interest) of 2.22 mm for the
thoracic and 1.67 mm for the abdominal aorta. Out of six samples tested for each aortic
district, the average stress-strain response has been selected. Hence, thickness values
above refer to such specimens. In addition, thickness values of thoracic samples range
from a minimum of 2.12 mm to a maximum of 3.05 mm, the average of all specimens
being 2.56±0.34 mm. The measurement of the thickness averaging only three distinct
points, within the ROI of the selected sample, determined a thickness value of 2.47 mm.
These three points have been consistently chosen, being the ends and the middle point
of the ROI.
Abdominal samples thickness values extend from a minimum of 1.28 mm to a maximum
of 2.18 mm, the average of all specimens being 1.64±0.37 mm. The average of three
points in the ROI of the selected sample has been estimated to be 1.8 mm.
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Applying a physiologic time-dependent load on idealized geometry
Despite the number of attempts performed to carry out a transient dynamic analysis
including Rayleigh damping to the aortic model, no reliable simulations were com-
pleted, as excessive circumferential fluctuations were often generated. For instance,
whether a high value of mass proportional damping was assigned (e.g. α = 2, β = 0),
instabilities arose from the end of the second cardiac cycle: the aorta appears to fluctuate
around the axial axis. On the other hand, a low mass proportional damping insured
a complete stability of the aorta (e.g. α = 0.01, β = 0.02). However, it is difficult
to assess whether such damping is representative of physiologic conditions, since no
experimental observations have been found regarding the soft tissue in the literature.
On the other hand, the application of the pre-stretch to the aortic model has been suc-
cessful in avoiding excessive oscillations, as reported in Figure 6.8. It was noticed that
the initial transient is needed to avoid oscillations that otherwise appear at the beginning
of the periodic pressure wave (Figure 6.8 A). Responses in terms of radial displacement
(Figure 6.8 B) and von Mises stress (Figure 6.8 C) recorded for a node in the middle
of the aortic model show the instantaneous behaviour of the aorta and the absence of
instabilities.
In addition, no significant difference has been appreciated in the comparison of the tran-
sient and the quasi-static analyses, due to the minimum scatter of radial displacement
(< 10−9m) and von Mises stress (0.516 kPa) in correspondence of inflating pressure
peaks. However, some oscillations may occasionally be observed at the end of the 3rd
cycle during dynamic simulations. The effect of the sample thickness on quasi-static
predictions is captured in Table 6.9 for the thoracic part and in Table 6.10 for the
abdominal part of the aorta.
The choice of constitutive models has been limited in the present analysis to those
providing the best fitting of uniaxial mechanical responses and the most stable numer-
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ical behaviour. As a result, the maximum radial displacement and wall stress values
calculated in the central part of the model can be compared (Table 6.9 and 6.10).
Figure 6.8 Pressure waveform inflating the FE model of aorta consisting in a ramp and three cycles (A).
A pre-stretch is applied during the first second. Radial displacement of a node placed in the mid of the
FE model, as a result of the inflating pressure (B). Resulting von Mises stress of the same node (C).
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Table 6.9 The effect of sample thickness on the maximum radial displacement (Rd) and maximum von
Mises stress (σ ) predicted by the FE model of thoracic aorta, subjected to a physiologic cardiac activity.
The listed strain-energy functions assured the best fitting of the experimental data and a stable numerical
outcome.
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Table 6.10 The effect of sample thickness on the maximum radial displacement (Rd) and maximum
von Mises stress (σ ) predicted by the FE model of abdominal aorta, subjected to a physiologic cardiac
activity. The listed strain-energy functions assured the best fitting of the experimental data. Unstable
numerical outcome due to oscillations is indicated by "/".
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Aneurysm formation
The impact of any experimental feature on FE simulations appears even more delicate
when it comes to predictions of diseases, such as aneurysm formation. In particular, the
correlation between the sample thickness measurements and critical pressures instigat-
ing the bulging appearance represents one of the novelties of the present work.
Since no accurate definition of aneurysm formation, in terms of FE modelling, has been
found, it is important to specify a definition. The formation of aneurysm is accepted
under the fulfilment of the following two conditions: Riks solver predicts an instability
and a bulge is observed in the model. Typically, the bulge is identified by the wall stress
values in the central part of the aorta appearing considerably higher compared to the
rest of the model.
The influence of sample thickness in the instigation of an aneurysm is explored for both
the thoracic and abdominal aorta. Considering the thoracic FE model has a constant
thickness (also referred as homogeneous), the only SEF that predicts aneurysm forma-
tion is the Neo-Hookean. Differently, the abdominal model shows an aneurysm to be
instigated also whether Marlow SEF is adopted to reproduce the experimental data. The
critical pressure values computed are reported in Table 6.11.
The application of the artificial ring imperfection on the aortic model, as addressed in
Section 5.2.2, leads to a substantial change in predictions for the thoracic model, since
aneurysm formation is now predicted by Marlow SEF. Therefore, it has been decided
to investigate the existence of a threshold, below which aneurysm may be predicted
in a healthy thoracic aorta presenting local thickness reduction. The critical pressure
values computed for an abrupt or smoothed ring imperfection are shown in Table 6.12.
Further simulations between -30% and -25% of thickness reduction generated no clear
outcomes. Therefore, in order to define a safe threshold, it appears that a minimum
6.1 Predictions obtained from isotropic models 154
reduction of 30%, compared to the thickness of the model ends, is required to observe
aneurysm formation in the thoracic aorta.
Strain-energy
function
Minimum
of all samples
(0.00128 m)
Average
of all points
(0.00164 m)
Sample
specific
(0.00167 m)
Average
of three points
(0.0018 m)
Maximum
of all points
(0.00218 m)
Marlow 27.61 21.55 21.16 No aneurysm 16.21
Table 6.11 Critical pressure values [kPa] predicted to form aneurysm in a homogeneous FE geometry of
abdominal aorta, which behaviour is evaluated for five different sample thickness values. No aneurysm
indicates that no aneurysm is predicted.
Localized
thickness
reduction
Minimum
of all
samples
(0.00212 m)
Sample
specific
(0.0022 m)
Average
of three
points
(0.00247 m)
Average
of all
points
(0.00256 m)
Maximum
of all
points
(0.00305 m)
Ring
imperfection -50% 24.55 23.44 21.08 20.34 17.06
Smooth
imperfection -50% 28.53 27.22 24.48 23.61 19.82
Smooth
imperfection -40% 33.13 31.65 28.45 27.45 23.04
Smooth
imperfection -30% 39.27 37.51 33.73 32.52 27.30
Smooth
imperfection -25% No aneurysm No aneurysm No aneurysm No aneurysm No aneurysm
Table 6.12 Critical pressure values [kPa] predicted to form aneurysm in a not homogeneous model of
thoracic aorta, which behaviour is evaluated for five different sample thickness values. A geometrical ring
imperfection is introduced to reduce the thickness in the middle of the FE model. Marlow strain-energy
function is adopted in all cases. No aneurysm indicates that no aneurysm is predicted.
However, the role of the percentage of reduction on the maximum von Mises stress
values seems to not be relevant, as reported in Figure 6.9.
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Figure 6.9 Von Mises stress achieved in the central part of the thoracic model vs Radial stretch. Three
different percentages of ring imperfection artificially introduced in the central part of the model are
compared. Snapshots compare the global deformation predicted for the radial stretch value indicated by
the red line.
The impact of the sample thickness on the predicted peak wall stress in the thoracic
model is shown in Figure 6.10. Above a radial stretch of 0.1 the scatter between the
sample thickness is directly proportional to the scatter of the stress values.
Figure 6.10 Von Mises stress achieved in the central part of the thoracic model vs Radial stretch for
different sample thickness values. Snapshots compare the global deformation predicted for the radial
stretch value indicated by the red line.
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The critical pressure values computed for the abdominal model affected by the ring
imperfection (Table 6.13) appear subjected to a reduction of about 50% compared to
the corresponding homogeneous model (Table 6.11).
Localized
thickness
reduction
Minimum
of all samples
(0.00128 m)
Average
of all points
(0.00164 m)
Sample
specific
(0.00167 m)
Average
of three points
(0.0018 m)
Maximum
of all points
(0.00218 m)
Ring
imperfection -50% 13.23 10.34 10.16 9.41 7.76
Table 6.13 Critical pressure values [kPa] predicted to form aneurysm in a not homogeneous model of
abdominal aorta, which behaviour is evaluated for five different sample thickness values. A geometrical
ring imperfection is introduced to reduce the thickness in the middle of the FE model.
Furthermore, the effect of the sample thickness on the inflating pressure in the thoracic
and abdominal models can be appreciated in Figure 6.11. Pressure values have been
extracted in different stages (radial stretches), being the last one proximal to the plateau
computed by Riks solver. The plateau corresponds to the value of critical pressure
instigating the aneurysm formation. It appears consistent for each radial stretch value
that pressure decrease with increasing sample thickness. The scatter between the pres-
sures associated to the minimum (green) and the maximum (yellow) sample thickness
increases with radial stretch. In addition, comparing the results obtained for the thoracic
(A) and abdominal (B) segments at λR = 0.2, the scatter for the abdominal model is
almost a third of the thoracic one.
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Figure 6.11 Sample thickness role on the pressure inflating the thoracic (A) and abdominal (B) aortic
model. Three values of radial stretch have been selected for each model. Each bar colour is specific for
a sample thickness value: the minimum of all samples (green), the average of all samples (black), the
maximum of all samples (yellow), the sample specific (red) and and the average of three random points
(blue).
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Observations
The quasi-static model, recently adopted by Pierce et al. (Pierce et al., 2015), has been
preferred, as computational costs are reduced and higher stability is reached compared
to the dynamic analyses.
The pre-stretch approach generates a minimum variation of the radial displacement in
response to the systolic peak. Conversely, wall stress peaks are more pronounced and
one order of magnitude higher than the pressure inflating the aorta. The effect of sample
thickness on numerical predictions is clearly reflected in maximum radial stretch and
wall stress values calculated for the thoracic aorta: both values increase with enlarging
sample thickness (Tables 6.9 and 6.10). An higher value of sample thickness leads to a
softer stress-strain behaviour of the tissue. Therefore, higher radial deformations are
produced. Similar results are generated by Yeoh and Marlow constitutive models. An
analogous trend is observed in the abdominal physiologic model (Table 6.10).
The FE model for aneurysm formation in a homogeneous abdominal aorta computes
critical pressure values inversely proportional to the sample thickness (Table 6.11). As
a result, the model associated with the maximum sample thickness value expects that a
physiologic pressure may instigate an aneurysm formation (∼ 122mmHg). Aneurysm
formation is expected for the healthy thoracic aorta exclusively along a local geometrical
thinning, modelled in this work as an axisymmetric ring. The trend observed in the
physiological model is confirmed, since a direct and consistent effect of the sample spe-
cific thickness can be appreciated in Table 6.12 and Figure 6.11. Also, critical pressure
values appear to decrease with increasing degree of thinning. This outcome is supported
by the abdominal results that report a reduction in pressure value directly proportional
to the reduction in thickness (Table 6.13). However, while the sample thickness is
affecting the wall stress values (Figure 6.10), the reduction of the geometrical thickness
in the thoracic model seems irrelevant in the wall stress predictions (Figure 6.9). It is
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worth notice though that pressure generating such stress-stretch behaviour do not match,
being the increment size variable.
6.2 Predictions obtained from anisotropic models of aorta
Fung orthotropic formulation is available among the anisotropic models in Abaqus.
This model, rarely adopted compared to HGO strain-energy function, has been preferred
for the present study due to its phenomenological nature (Section 5.3).
Experimental data, collected from biaxial tensile tests (Section 4.3), have been post-
processed by Matlab scripts, as detailed in Section 3.3.1. The quality of the fitting
is affected by the requirement that all Fung parameters need to be strictly positive
(Holzapfel, 2006). Such condition has been imposed among the options of lsqcurvefit
function and the Levenberg-Marquardt method has been selected. Convergence, how-
ever, could not be reached up to the requested tight tolerance. Thus, a sub-optimal
fitting was accepted after two millions of iterations. The fitting coefficients generated
from this procedure are listed in Table 6.14 for the abdominal tissue and in Table 6.15
for the thoracic one. The complexity of such fitting consists in taking into account
three different stress-strain curves, which refer to the circumferential, axial and shear
response. The inclusion of the shear response, analytically determined (Section 3.3.1),
will be justified and discussed in Chapter 7. The parameter C, multiplying the expo-
nential function in the Fung strain-energy function (Section 2.2.3), has dimension of a
stress. Thus, the values estimated for C appear comparable for the fitting of abdominal
and thoracic responses. A significant variability among abdominal data sets is limited
to parameters a5 and a6 (Table 6.14). On the other side, a much wider variability is
observed for thoracic data sets, except a9 and C (Table 6.15).
The experimental data and associated fitting are plotted in Figure 6.12 for the abdominal
tissue and in Figure 6.13 for the thoracic one.
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Fung parameter
Fitting coefficient
Set 1 Set 2 Set 3
a1 0.81 1.03 1.41
a2 0.74 0.68 0.64
a3 1.41 1.64 1.84
a4 0.43 0.39 0.64
a5 0.000035 0.059 0.25
a6 0.0006 0.194 0.4
a7 0.9 0.77 0.72
a8 1.23 1.43 1.63
a9 1.23 1.43 1.63
C 73277.87 63874.05 63122.66
Table 6.14 Coefficients obtained fitting the experimental mechanical response of abdominal aorta
subjected to biaxial tensile tests. Each set refers to different experimental responses. Parameter C is
expressed in Pa, while ai are dimensionless.
Figure 6.12 Fitting (circles) of stress-strain mechanical responses (lines) for abdominal aortic tissue,
referring to Set 1 of Table 6.14. Circumferential (red) and axial (black) behaviour have been obtained
from biaxial tensile tests. Shear (blue) data have been determined analytically.
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Fung parameter
Fitting coefficient
Set 1 Set 2 Set 3
a1 0.45 0.072 0.39
a2 0.53 0.11 0.28
a3 3.19 6.01 1.84
a4 0.09 0.44 0.34
a5 0.0003 0.0002 0.022
a6 0.002 0.0000000001 0.000039
a7 0.51 0.79 0.48
a8 7.58 3.05 3.65
a9 0.13 0.19 0.33
C 73131.96 70570.02 83325.44
Table 6.15 Coefficients obtained fitting the experimental mechanical response of thoracic aorta subjected
to biaxial tensile tests. Each set refers to different experimental responses. Parameter C is expressed in
Pa, while ai are dimensionless.
Figure 6.13 Fitting (circles) of stress-strain mechanical responses (lines) for thoracic aortic tissue,
referring to Set 1 of Table 6.15. Circumferential (red) and axial (black) behaviour have been obtained
from biaxial tensile tests. Shear (blue) data have been determined analytically.
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A variety of recommendations is available in literature to verify Fung material stability
and its physically meaningful mechanical behaviour (Fan & Sacks, 2014; Holzapfel,
2006; Pandit et al., 2005; Sun & Sacks, 2005).
The convexity has been checked visually by plotting the contours representing states
of constant energy of the Fung strain-energy function (Holzapfel, 2006) based on the
coefficients listed in Tables 6.14 and 6.15. Such projections are usually displayed onto
the Green-Lagrange strain planes (Holzapfel, 2006; Holzapfel et al., 2000; Sun & Sacks,
2005). Hence, Figure 6.14 reports the isoenergetic curves generated for the fitting of
the abdominal aorta behaviour.
Figure 6.14 Convexity check of Fung strain-energy function for abdominal material properties, based on
coefficients of Set 1 listed in Table 6.14.
Similarly, the convexity associated to the set of coefficients determined for the thoracic
aorta has been verified, as displayed in Figure 6.15.
Set 1 from Table 6.14 and 6.15 were selected to describe the material properties in the
following geometries. These data sets refer indeed to average stress-strain responses
observed among the sample tested.
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Figure 6.15 Convexity check of Fung strain-energy function for thoracic material properties, based on
coefficients of Set 1 listed in Table 6.15.
6.2.1 Cylindrical geometries
Two cylindrical models, meshed by C3D8RH elements, have been designed as part
of the first step into the Fung modelling progress of the present work (Figure 5.7).
Identical in diameter and length, these models differ by the thickness, assumed constant
along each geometry and greater for the thoracic district compared to the abdominal one
(Section 5.3.1). This feature is based on experimental measurements shown in Section
6.1.3.
The static inflation, simulating a systolic peak (∼ 120 mmHg), generated higher wall
stress values for the abdominal model compared to the thoracic one. In detail, the
maximum von Mises stress value and the displacement magnitude predicted are reported
in Table 6.16.
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Model Max von Mises stress [MPa] Displacement magnitude [mm]
Abdominal 0.25 7.1
Thoracic 0.31 8
Table 6.16 Stress and displacement magnitude values predicted for abdominal and thoracic anisotropic
model of aorta subjected to a static inflation of 16 kPa. Geometries are simplified as cylindrical.
It it worth recalling that fully constrained boundary conditions were applied (Section
5.3), thus no radial stretch is allowed at the model ends. Although the displacement
magnitude appears uniform along the abdominal model, the central part of the thoracic
one looks slightly less stretched compared to the rest of the vessel. This feature could
be explained by a major displacement along the axial direction, which is affecting the
overall displacement field (U) in the central region.
The modified Riks algorithm does not predict any bulging appearance. Thus, no
aneurysm is expected for any of these cylindrical geometries which anisotropic material
properties are described by Fung strain-energy function.
6.2.2 Cylindrical geometry: descending aorta
The second model, intended as a step towards more complex designs, shows the cou-
pling of abdominal and thoracic anisotropic material properties. The novelty of this
model consists, indeed, into assigning a peculiar Fung formulation to the corresponding
segment of the aorta. Hence, in this model of the descending aorta, the upper half of the
model behaves as a thoracic sample (Section 4.3.2), while the inferior part responds as
abdominal aortic tissue (Section 4.3.1), both subjected to biaxial tensile tests.
Aiming to proceed gradually towards a physiologic model, at this step no substantial
geometric transformation is introduced: the geometry is kept cylindrical with a constant
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thickness (Section 5.3.2).
Wall stress values predicted for the static inflation appear higher in the thoracic district,
the peak being equal to 0.335 MPa. As shown in Figure 6.16, an abrupt discontinuity
in stress values is reported in the central part of the model, where different material
properties connect (Section 5.3.2).
Figure 6.16 von Mises stress [Pa] predicted for an anisotropic model of descending aorta subjected to a
static inflation of 16 kPa. The upper half of the cylindrical geometry is modelled by thoracic material
properties, while abdominal material properties are assigned to the inferior half.
As expected, no abrupt discontinuity is observed for displacement magnitude values, as
no geometric disruption has been introduced. The central part appears stretched up to
18 mm around the junction area, being also free from the boundary conditions effect.
Thus, it appears that this cylindrical geometry, coupling different material properties,
allows a displacement magnitude which is more than doubled compared to separate
responses (Section 6.2.1).
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On the other hand, the present model does not predict any different outcome in terms
of aneurysm instigation compared to cylindrical geometries. No critical pressure and
bulge appearance are computed.
Figure 6.17 Displacement magnitude [m] predicted for an anisotropic model of descending aorta
subjected to a static inflation of 16 kPa. The upper half of the cylindrical geometry is modelled by
thoracic material properties, while abdominal material properties are assigned to the inferior half.
6.2.3 Physiologic geometries
The third step in the modelling process of anisotropic aorta appears crucial, since the
geometry has been changed (Figure 5.7). Cylindrical models are replaced by geometries
close to human physiology, based on published data (Noordergraaf, 1956; Wang &
Parker, 2004; Westerhof et al., 1969). Thus, the thickness and the diameter of the
models decrease continuously from the top of the thoracic segment to the bottom of the
abdominal one, where the aorta splits into the iliac arteries.
Compared to previous anisotropic models, no changes in loading, boundary conditions,
mesh elements or material properties have been introduced.
The static inflation appears challenging, since the analysis diverges. A list of approaches
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will be presented in the next Section 6.2.4. At this stage, a classical Newton-Raphson
procedure to perform non-linear elastic static analysis has been deemed inadequate.
Hence, the analysis has been carried out with the Riks algorithm. As a result, no
aneurysm formation is predicted in either aortic district, in analogy to previous cases.
However, a pressure of 15.1 kPa (∼ 113 mmHg), the highest value taken into account
by the algorithm for the abdominal model, generates a von Mises stress of 0.47 MPa, as
displayed in Figure 6.18.
Figure 6.18 von Mises stress [Pa] predicted for a physiologic anisotropic model of abdominal aorta
subjected to a pressure of 15.1 kPa. Such stress distribution has been predicted during Riks analysis.
It may appear contradictory that the superior part of the model, characterized by larger
diameter and thickness, reaches an higher value of stress compared to the inferior part.
Such result can be explained, as an example, by the equation of circumferential Cauchy
stress of a loaded tube (Schulze-Bauer et al., 2002)
σθθ = p
( r
h
−1
)
(6.1)
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where p is the transmural pressure. The outer radius (r) and the wall thickness (h)
refer to the deformed configuration. Applying a pressure of 15.1 kPa, the thickness
is reduced by half compared to the initial load-free configuration uniformly along the
model. Although a greater displacement magnitude is observed in the inferior part of
the model (Figure 6.19), the radius r remains larger in the superior part. Thus, major
wall stress values are computed in the upper region of the abdominal aorta.
Figure 6.19 Displacement magnitude [m] predicted for a physiologic anisotropic model of abdominal
aorta subjected to a pressure of 15.1 kPa. Such stress distribution has been predicted during Riks analysis.
A pressure of 12.3 kPa (∼ 92 mmHg), the highest value taken into account by the
Riks algorithm for the thoracic model, generates a von Mises stress of 0.47 MPa, as
shown in Figure 6.20. Despite a limited reduction of diameter and thickness occurs
in the geometry, the stress (Figure 6.20) and displacement magnitude (Figure 6.21)
distribution appear uniform as observed in cylindrical models (Section 6.2.1).
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Figure 6.20 von Mises stress [Pa] predicted for a physiologic anisotropic model of thoracic aorta
subjected to a pressure of 12.3 kPa. Such stress distribution has been predicted during Riks analysis.
Figure 6.21 Displacement magnitude [m] predicted for a physiologic anisotropic model of thoracic aorta
subjected to a pressure of 12.3 kPa. Such stress distribution has been predicted during Riks analysis.
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6.2.4 Physiologic geometry: descending aorta
As last step of the anisotropic modelling process based on Fung formulation, a phys-
iologic model of the descending aorta has been generated. The geometry, displayed
in Figure 5.8, has been obtained joining the designs analysed in the previous Section
6.2.3. This model appears to be novel in the state of art for its geometry and for the
material properties, based on experimental tests (Section 4.3) and described by means
of the Fung orthotropic strain-energy function.
Similarly to the previous step (Section 6.2.3), where the thoracic and abdominal segment
have been analysed separately, the static inflation of the current model diverges after half
of the loading is applied. It is worth emphasizing that no changes in loading, boundary
conditions, mesh elements or material properties have been introduced compared to
the cylindrical model of descending aorta (Section 6.2.2). The geometry represents the
only feature that has been altered, in order to take into account a design closer to the
physiology.
An impressive amount of attempts and huge efforts were required to solve this problem,
since no complete and clear knowledge is available in the state of art neither in Abaqus
manual. In the following Chapter 7, it will be fully discussed how published studies
about Fung formulation lack important details. Furthermore, limited suggestions are
available in the Abaqus manual about Fung modelling, hence, the work described in the
present Section has been particularly arduous.
First of all, different element types have been considered to mesh the geometry, keeping
unaltered all the other parameters, such as boundary conditions, load application and
number of elements. Thus, the following element types have been investigated:
• 8-node linear brick, reduced integration with hourglass control (C3D8R)
• 8-node linear brick, incompatible modes, hybrid with linear pressure (C3D8IH)
6.2 Predictions obtained from anisotropic models of aorta 171
• 20-node quadratic brick, reduced integration, hybrid with linear pressure (C3D20RH).
As a result, divergence was experienced even earlier than using C3D8RH elements.
Mesh refinements were not helpful either: along the thickness of the geometry up to 3
elements have been used.
Therefore, keeping the original mesh (C3D8RH) unaltered, boundary conditions, differ-
ent from fully constrained ends, have been explored. Aiming to avoid any boundary
setting inconsistent with physiologic conditions, configurations accounting pins, encas-
tre and axial displacements have been unsuccessfully attempted.
Convergence has been reached by a single combination of element type and boundary
conditions: C3D8IH elements mesh the geometry which ends are allowed to expand
radially. In detail, no axial stretch is allowed, while radial displacement of geometry
ends is permitted. In addition, no movement is allowed to the axis of the geometry.
Incompatible mode elements (C3D8I and the corresponding hybrid elements) are first-
order elements that use full integration and, thus, have no hourglass modes. These
elements are somewhat more expensive than the regular first-order displacement ele-
ments; however, they are significantly more economical than second-order elements.
However, Abaqus guide recommends incompatible elements to improve the bending
behaviour of regular displacement elements (Dassault Systèmes, 2014).
Thus, it may be concluded that such elements deal better with possible instabilities
arising from these specific material properties.
The wall stress distribution predicted for static inflation is displayed in Figure 6.22. In
this case, a cut view (Figure 6.22 B) is provided to highlight appreciably higher stress
values on the internal surface: von Mises stress levels appear doubled on the lumen wall
(Figure 6.22 B) compared to the external one (Figure 6.22 A). Furthermore, similarly to
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results obtained in the previous steps (Section 6.2.3), wall stress values decrease from
thoracic aorta to the bottom of the abdominal one.
Figure 6.22 von Mises stress [Pa] predicted for an anisotropic model of descending aorta subjected to a
static inflation of 16 kPa. The upper region of the cylindrical geometry is modelled by thoracic material
properties, while abdominal material properties are assigned to the inferior region. Higher stress levels
are experienced on the internal surface of the geometry (B) compared to the external one (A).
An additional cut view is provided to appreciate at the same time the stress distribution
and the global deformation of the model compared to the undeformed configuration
(Figure 6.23).
Large deformations are predicted applying a systolic pressure to the present physiologic
model of descending aorta. The diameter of the model in the final configuration (Figure
6.24) appears almost doubled, being the maximum radius of the undeformed abdominal
district 2.2 cm.
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Figure 6.23 Cut view of the anisotropic model of descending aorta. The undeformed configuration
appears superimposed to the wall stress field [Pa] of the final configuration.
Figure 6.24 Displacement magnitude [m] predicted for an anisotropic model of descending aorta
subjected to a static inflation of 16 kPa. The superior part of the geometry is modelled by thoracic
material properties, while abdominal material properties are assigned to the inferior region.
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Observations
Comparing the cylindrical (Section 6.2.2) and physiologic (Section 6.2.4) models of
descending aorta, higher wall stress values are reached, in both cases, in the thoracic
district compared to the abdominal one. While the stress field is almost uniform in
both thoracic regions and in the abdominal region of the cylindrical model, the stress
in the physiologic abdominal aorta covers a range of approximately 0.2 MPa. This
aspect is suggested to be mainly a direct effect of the geometry, due to the decreasing
diameter and thickness. In addition, wall stress values appear about 0.15 MPa higher in
the thoracic physiologic model (Figure 6.22 A) compared to the thoracic cylindrical
one (Figure 6.16).
Larger deformations are achieved in the physiologic model (Figure 6.24), where the
maximum displacement magnitude is three times higher than the maximum predicted
for the cylindrical model. The reasons for such difference consist in the different
material modelling and geometry. Furthermore, while the abdominal segment accounts
the highest stretch in the physiologic model, the stretch peak in the cylindrical model is
expected along the junction between the aortic segments. This feature can be explained
keeping in mind the different boundary conditions: fully constrained ends of the
cylindrical model allow the larger stretch in the middle of the model. On the other end,
radial displacement was permitted in the physiologic model.
6.3 Isotropic and anisotropic models: a comparison
The artery constitutive behaviour has been defined closer to being isotropic than
anisotropic by Alhayani et al. (Alhayani et al., 2013). However, the material properties
they adopted are speculative, not fully supported by the literature. On the contrary,
Schmidt et al. (Schmidt et al., 2015) highlighted significant differences between the
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simulations using an isotropic and an anisotropic model of a strongly idealized artery.
In the present research, a more physiologic design (Section 5.3) and a Fung orthotropic
model, based on biaxial data (Section 4.3) and pure shear (Section 3.3.1), has been eval-
uated to investigate the aneurysm appearance as a result of supra-physiological inflation.
A further novelty of the present work consists of comparing the isotropic response
obtained from such physiologic model with the anisotropic one reported in Section
6.2.4. Therefore, the geometry described in Figure 5.8 has been characterized by
isotropic material properties for the thoracic and abdominal segment respectively. Such
isotropic behaviours have been previously adopted in Section 6.1.3: data referring to
sample specific thickness have been selected. In addition and similarly to thickness
study (Section 6.1.3), Marlow strain-energy function describes such data obtained from
uniaxial tensile tests.
Once again, C3D8IH elements mesh the geometry which ends are allowed to expand
radially while, no axial stretch is allowed.
The static inflation, intended to simulate a systolic pressure load, generates stress values
comparable in both models on the external wall surface (Figure 6.25). However, a
consistent difference can be observed in the cut view, where lumen stress values appear
consistently lower in the isotropic model compared to the anisotropic one (Figure 6.26).
In the isotropic model displacement magnitude does not exceed 1.2 mm (Figure 6.27),
while in the anisotropic model the deformation appears an order of magnitude larger, as
the maximum is about 5 cm.
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Figure 6.25 Comparison of von Mises stress [Pa] predicted for an anisotropic (A) and isotropic (B)
model of descending aorta subjected to a static inflation of 16 kPa. The superior district of the geometry
is modelled by thoracic material properties, while abdominal material properties are assigned to the
inferior district.
Figure 6.26 Comparison of von Mises stress [Pa] predicted for an anisotropic (A) and isotropic (B)
model of descending aorta subjected to a static inflation of 16 kPa. The cut view highlights the lumen
surface.
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Figure 6.27 Displacement magnitude [m] predicted for an isotropic model of descending aorta subjected
to a static inflation of 16 kPa. The superior part of the geometry is modelled by thoracic material
properties, while abdominal material properties are assigned to the inferior region.
Figure 6.28 von Mises stress [Pa] predicted for aneurysm formation in a isotropic model of descending
aorta. The upper district of the geometry is modelled by thoracic material properties, while abdominal
material properties are assigned to the inferior district.
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Comparing the maximum von Mises stress predicted for the static inflation, the anisotropic
model shows about 52% higher values than the isotropic one on the external wall. Even
more, the displacement magnitude predicted is about 5 times larger in the anisotropic
model.
However, the most relevant difference between the isotropic and the anisotropic model
is predicted by Riks modified algorithm. While no bulge formation has been computed
for the anisotropic model (Section 6.2.4), a critical pressure of 22.8 kPa (∼ 171 mmHg)
predicts aneurysm appearance in the isotropic model. The formation is expected in
the superior part of the abdominal aorta, where wall stress values exceeds 1.1 MPa, as
shown in Figure 6.28.
Despite the bulging formation, displacement magnitude predicted for such supra-
physiologic pressure (Figure 6.29) appear inferior to the deformation expected by
the anisotropic model at systolic pressures (Figure 6.24).
Figure 6.29 Displacement magnitude [m] predicted for aneurysm formation in a isotropic model of
descending aorta. The superior district of the geometry is modelled by thoracic material properties, while
abdominal material properties are assigned to the inferior district.
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Concluding, material properties strongly affect the FE predictions, since the Fung
orthotropic model generates quite different predictions compared to the isotropic one.
Such difference is even enhanced in the aneurysm prediction, as only the isotropic
model predicts an aneurysm formation.
Chapter 7
Discussion & Conclusions
The novelties of the present work range from the experimental procedure to the compu-
tational modelling of aortic behaviour.
In order to study the aneurysm formation, the mechanical characterization of the healthy
porcine aortas has been accomplished by means of uniaxial and biaxial tensile tests.
Given the multitude of experimental procedures present in literature and reviewed
in Chapter 2, the first objective of this research was to define a complete up-to-date
protocol to extract reliable material properties from aortic tissues. Such methodology
has been validated first on a carbon filled rubber material. It is worth emphasizing that
this material was chosen because of its hyper-elastic response, its large availability in
the laboratory and its simple management. No claim is made that the adopted rubber
can match the biological response of the aorta.
As a consequence of the study conducted on rubber, aortic samples have been cut only
in dog-bone shape to ensure a standard preparation procedure. Furthermore, in order to
investigate whether the fP may have an effect on aortic tissue similar to what has been
experienced for rubber, it has been chosen to test three cases for each district: 1.2 Hz
(analogous to 70 bpm), 2 Hz (120 bpm) and the absence of pre-conditioning.
Among the novelties of the experimental procedure, an optical approach to measure
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the sample thickness has been proposed in Section 3.3. The thickness study (Section
6.1.3) evaluated the impact of the five different methodologies to measure the sample
thickness on numerical models. As a result, the scatter between the minimum and the
maximum thickness values taken into account for each thoracic and abdominal aorta is
less than 1 mm. However, the sample-specific measures do not necessarily correspond
to the average outcome of the five methodologies since they are below or equal to the
median of the range.
Experimental results for aortic tissue, presented in Chapter 4, are hardly comparable
with published data, due to considerable differences in sample preparation and mechan-
ical testing. As detailed in Observations sections, substantial differences have been
spotted with Peña et al. (Peña et al., 2015) mechanical characterizations. Despite a
general agreement with other published data (Vande Geest et al., 2006; Xiong et al.,
2008) has been observed, a complete match of responses appears impossible due to
biological variability and disparate protocols.
The analogy between aneurysm formation and bulging bifurcation of inflated cylinders,
simplifying arterial geometry, has previously been investigated by Rodriguez & Mero-
dio (Rodríguez & Merodio, 2011). Therefore, cylindrical geometries have been widely
used in the present work to generate isotropic or anisotropic aortic models (Chapter 6)
based on experimental data (Chapter 4).
Isotropic results, reported in Section 6.1.2, seem to suggest that no aneurytical bulge
should be expected from supra-physiological inflation of healthy thoracic or abdominal
aorta modelled as perfect cylinders. Although several SEF do not predict any aneurysm
appearance, the adoption of Neo-Hookean SEF always computes a bulge formation.
Single elastin fibres are responsible of the arterial compliant response and they exhibit
Neo-Hookean mechanical behaviour. However, the overall non-linear behaviour cannot
be described by such a constitutive model (Watton et al., 2009). Similarly, Kyriacou &
Humphrey (Kyriacou & Humphrey, 1996) expressed their concern about the adoption
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of Neo-Hookean SEF to describe soft tissue behaviour. This is why results of Neo-
Hookean simulations are not presented as demonstration of aneurysm formation.
As detailed in Section 6.1.3, whether a healthy isotropic aortic mechanical behaviour is
modelled by Marlow SEF, a substantial localized thickness reduction occurs to be nec-
essary to instigate the aneurysm formation in thoracic aorta. Such SEF avoids the curve
fitting, that may introduce artefacts on the acquired aortic material response, ensuring a
controllable mechanical behaviour beyond the range of data (Marlow, 2003). In order
to define a safe guideline, it appears that a minimum reduction of 30%, compared to the
thickness of the model ends, is required to observe aneurysm formation in the thoracic
aorta (Table 6.12). The effects of local imperfection on the critical pressure has been
investigated by Lopes et al. (Lopes et al., 2007) for latex material, but no analogous
work has been retrieved for arterial tissue. Hence, this analysis appears to be novel
and its results relevant, since the wall thickness is defined crucial to evaluate solely the
aneurysm risk of rupture (Lasheras, 2007) in literature.
Despite the same cylindrical geometry has been modelled, different material properties
have been assigned to obtain the outcomes listed in Section 6.1.2 and in Section 6.1.3.
In the first case, the stiffest and softest experimental responses were selected, leading to
no bulging prediction in either aortic district. In the second case, an average stress-strain
response has been chosen, leading to aneurysm prediction in abdominal aorta even in
the absence of local imperfections. Thus, the impact of a specific stress-strain response
appears consistent.
The state of art, reviewed in Section 2.3.2, suggests that uniaxial and planar biaxial tests
should be sufficient to achieve a complete characterisation of the aortic tissue and to
model its anisotropic behaviour by means of the Fung SEF. However, so far no work
published a complete set of 9 parameters (Equation 2.27) to fit soft tissue behaviour.
Schulze-Bauer et al. (Schulze-Bauer et al., 2002) reported 4 parameters to fit the re-
sponse of human femoral arteries subjected to inflation tests. In 2003, Schulze-Bauer &
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Holzapfel (Schulze-Bauer & Holzapfel, 2003) modelled already published clinical data
of thoracic aorta, oblivious of the cross-sectional area, by means of 4 Fung parameters.
Sun & Sacks (Sun & Sacks, 2005) meant to produce clear guidelines to build a Fung
model in Abaqus. However, they published only 7 parameters. Pandit et al. (Pandit
et al., 2005) published 4 coefficients to fit the experimental data obtained from inflation
tests performed on porcine left anterior descending artery. In 2006, vande Geest et al.
(Vande Geest et al., 2006) were unable to fit the experimental data with a 4 parameter
Fung elastic model. Differently, Horny et al. (Horný et al., 2006) fitted the responses
of inflation tests on human thoracic aorta by means of 4 Fung parameters. However,
they added a Neo-Hookean term to the SEF. Ma et al. (Ma et al., 2007) claim that their
Abaqus model of cerebral aneurysm is modelled by 5 Fung parameters. In 2010, Avril
et al. (Avril et al., 2010) modelled in Abaqus the inflation of human arteries, publishing
only 4 parameters. Vychytil et al. (Vychytil et al., 2010) reported the 9 parameters
equation, but they published only 6 coefficients with no assumption for the shear terms.
Bellini et al. (Bellini et al., 2011) reported 4 parameters to fit responses of planar biaxial
tests conducted on porcine duodenum, jejunum and ileum. Recently, Lee et al. (Lee
et al., 2014) published 7 parameters for porcine carotid arteries.
The present work arises no doubt that 4 Fung parameters are sufficient to obtain an
excellent fit of biaxial tests results. In addition, the 3 parameters referred to shear are
generally neglected in literature. Since no shear is generated during a simple inflation
test, such parameters were initially disregarded in this work. However, it has been
noticed that a complete material description requires 9 positive parameters for the
orthotropic model. Thus, it appears not clear why no complete set of coefficients have
been published so far, since they are necessary to run the FE model.
Therefore, results in Tables 6.14 and 6.15 represent a considerable novelty.
Anisotropic results, reported in Section 6.2, seem to suggest that no aneurysm could
be predicted either in a cylindrical or more physiologic geometry, having no thickness
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imperfection. Hence, such outcomes appear in agreement with isotropic models findings
(Section 6.1.2). However, the comparison between isotropic and anisotropic material
properties on the physiologic geometry (Section 6.3) revealed a substantial difference:
aneurysm formation was predicted only for isotropic material properties. It is worth
noticing that such isotropic material properties predicted aneurysm formation even in
the cylindrical geometry (Section 6.1.3). Once again, the role of material properties
appears crucial to FE outcomes. In addition, consistent differences in stress and strain
values have been noticed as a result of static inflation at a systolic pressure.
Such findings appear in contrast with Ramachandran et al. (2012), who claimed that
the modelling choices (Fung-type or isotropic) have minimal impact on wall tension
evaluation. Similarly, Alhayani et al. (2013) observed that the formation of the bulge in
the anisotropic (HGO) model appeared analogous to the one predicted in the isotropic
design. However, their material properties were partially arbitrary.
7.1 Limitations
The main limitations of the current work need to be highlighted.
Being considered the most similar to the human one, experimental tests have been
conducted on porcine aortic tissue. Hence, experimental tests on human tissue could
lead to different outcomes.
Several analyses have been performed on FE aortic geometries simplified as a cylinder.
Although, the physiologic design appears closer to in vivo structure, no arteries con-
nected to the aorta have been considered. In addition, the anisotropic model has been
based on data published by Wang & Parker (2004), where the diameters are different
from dimensions indicated by O’ Gara (2003). As has been observed during the present
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work, a different geometry may lead to different predictions.
Despite its three layers structure, the aorta has been modelled by a single layer. The
focus of the present study is on the macro-structural response and not on specific layers.
Since no dedicated facility was available and no time could be allocated for more
experimental tests, the shear response, needed for anisotropic FE models, has been
estimated analytically. Thus, such results could differ from what could be observed in
an experimental campaign alike the study just presented by Sommer et al. (2016), who
investigated the shear properties of diseased thoracic aorta.
Finally, predictions on physiologic geometry based on isotropic material properties
couple only longitudinal responses, since uniaxial tests could not be performed on
abdominal aortas in the circumferential direction. Therefore, the role of collagen in the
adventitia layer could be enhanced, while the role of smooth muscle (circumferentially
oriented) in the media reduced.
7.2 Future work
Future developments of the present study may involve different aspects, ranging from
the experimental practice to the computational models.
Experimental analyses Since synthetic shear tests have been conducted in this study,
a natural development would be to carry out such tests. Thus, experimental shear tests
could be performed on porcine tissue to gain a complete insight of its mechanical
behaviour. As a consequence, Fung parameters could be recalculated to determine the 9
coefficients and spot any difference with the values presented in this work.
Furthermore, an inflation test could be useful to investigate how the results differ from
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equi-biaxial outcomes. Hence, two cameras will be needed to compute the strain map
by means of DIC. Such analysis would explore whether the different load application
changes the radial direction involvement.
Computational models Several further numerical analyses may be conducted de-
signing different FE geometries. First of all the descending aorta may be modelled even
closer to in vivo structure, introducing for example the arterial branches. Each rami-
fication constitutes indeed a discontinuity of the aortic wall. In addition, the pressure
distribution is expected to be different. Such branches may be introduced as part of the
idealized model or from patient specific geometry. The present study had no access to
MRI scan, which may clearly increase the level of complexity and fidelity of the FE
model.
The model of descending aorta could also be extended to take into account the role of
the main bifurcation on the stress analysis: iliac arteries originating from the extremity
of abdominal aorta could be added to the present model. Thus, the aneurysm prediction
may lead to different outcomes. In addition, a comparison of the stress and strain values
may evaluate how approximated is the design without the main bifurcation.
7.3 Conclusions
The main aim of the present study consisted of analysing the macro-structural behaviour
of the aorta with particular attention on aneurysm formation. Given that several works
are generally focussed on rupture prediction, the formation of the bulging has received
limited attention in literature.
An extensive experimental campaign has been conducted performing uniaxial and
equi-biaxial tensile tests on porcine aortic tissue. In order to acquire reliable material
properties, a complete protocol, based on up-to-date techniques, has been detailed. A
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consistent variability of hyperelastic responses has been observed.
Mechanical responses have been post-processed by a number of custom made Matlab
scripts and imported to FE models.
Several computational analyses have been performed to evaluate the impact of ex-
perimental methodology on numerical predictions. Among the experimental features
examined the pre-conditioning frequency, the sample shape and the sample thickness
measurement are accounted. As a result, each detail of the experimental protocols
affects the tissue mechanical response and is reflected into computational results.
Furthermore, numerous FE analyses investigated the effect of computational features
on numerical outcomes. The role of two main aspects has been explored: the geometric
design and the material properties modelling.
Firstly, the role of the geometry is highlighted in the four steps conceived to generate
a physiologic aortic model, which structure is anisotropic. Comparing the cylindrical
and physiologic geometry, the same material properties generate considerable different
values of wall stress and radial stretch. Furthermore, each design requires specific
boundary conditions and mesh element.
Secondly, the fitting of experimental responses appears definitely crucial for numeri-
cal predictions. Among isotropic models, several strain-energy functions have been
compared: each formulation leads to a different fitting and hence to unique numerical
outcomes. Moreover, consistent differences in wall stress and radial stretch result from
the comparison between isotropic and Fung anisotropic models.
Concluding, the present study suggests that aneurysm formation in healthy models
of aortas is unlikely to be caused by supra-physiologic pressure loading. Whether an
aneurysm is predicted in the descending aorta, it is suggested that the abdominal district
is more prone to show the bulge compared to the thoracic one.
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Appendix
Planar biaxial tensile tests
Computational models are quite advantageous to improve the design of experimental
tests. In the present research, the planning of biaxial tests has been carefully considered
due to the variety of methods available in literature, reviewed in Section 2.3.2.
Therefore, aiming to determine the sample size and to compare different configurations
to hold the sample during the testing procedures, preliminary computational evaluations
have been carried out.
Methodology
Since two different approaches are generally adopted to clamp the sample (Section
2.3.2), this static analysis aims to compare their effect on the stress field achieved in
same region of interest (red square, Figure A1). Initially, a planar biaxial tensile test
carried out by means of hooks is modelled as reported in Figure A1.
Although the schematic represents the use of 4 hooks on each side, also the configuration
having 6 hooks on each edge is analysed. Symmetric boundary conditions are imposed
to model only a quarter of the specimen, excluding a minimum border needed to hold
the sample (Figure A1). In the hypothesis of the hook diameter being 0.6 mm, the
traction force, applied to each hook insertion, is distributed among 6 neighbour nodes
to model a more realistic configuration. A force of 0.889 N is assigned to each node
in the 6 hooks configurations. Finally, a mesh of 3136 shell elements (S4R) is generated.
The second approach takes into account the use of two grips equally spaced on each
sample side (Figure A2).
Differently from the hooks configuration, the entire quarter of the sample is designed
and meshed by 5776 S4R elements. However, the action of each grip, modelled as a
surface traction of 2 MPa, is limited to the blue frame reported in Figure A1. Such high
values of force, in the hooks case, and pressure, in the grip case, aim to model a limit
configuration.
The aortic material is modelled as isotropic, based on experimental data obtained from
uniaxial tests performed on samples cut from the thoracic aorta in the circumferential
direction (Section 4.2). Such stress-strain responses are fitted by Ogden 3rd order
strain-energy function.
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Figure A1 Schematic of biaxial tensile test carried out by using 4 hooks on each side of the sample
(A). A minimum frame (light blue), 2 mm wide, has been estimated to hold firmly the sample. Hooks
insertions (circles) are equally spaced. Given the symmetry, a quarter of this schematic (red square) has
been modelled in Abaqus (B). Yellow circles, which indicate hooks insertions, are zoomed in C. The
force applied to each insertion is distributed among 6 neighbour nodes.
Figure A2 Schematic of biaxial tensile test carried out by using two grips equally spaced on each sample
side (A). Given the symmetry, a quarter of this schematic (red square) has been modelled in Abaqus (B).
A uniformly distributed pressure is applied on grips surface (C).
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Results
Preliminary computational analyses have been carried out to determine details of
the biaxial testing protocol, such as sample size and clamping configurations. First
investigations compared different sizes of square samples (1 cm, 1.5 cm and 2 cm),
hooked to be stretched during a planar test. As a result, a size of 2 cm is preferred,
being big enough to avoid any boundary effects in the central region of the sample.
The influence of hooks and grips is compared in Figure A3.
Figure A3 The effect of hooks (A) and grips (B) on the stress field achieved during biaxial tensile test.
Given the symmetry of the test, only a quarter of a square aortic sample is modelled.
The analysis taking into account the hooks excluded a frame border of the sample
(Figure A1) in order to focus on the central region of interest. Differently, the surface
traction of the grips required the entire sample quarter. As a result, the stress field
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generated by the use of hooks (Figure A3 A) appears far more uniform compared to
grips action (Figure A3 B). The standard deviation calculated for the central region of
the sample are, indeed, 58 kPa when hooks are adopted and 133 kPa when grips are
preferred. Boundary effects cause by grips produce a gradient of stress reaching almost
the central region of the sample. The mean stress values reached in the area of interest
are 2.7 MPa in the case of hooks and 2.2 MPa in the case of grips.
Observations
Computational analyses on the planar biaxial tests fully justify the experimental method-
ology detailed in Section 3.2.4. Although such analyses do not take into account the
squeezing of the material and its anisotropic behaviour, similar findings have been
published by Sun et al. (Sun et al., 2005). They concluded that suture-based approaches
are best suited for biaxial mechanical tests of biological materials, since four suture
attachments are sufficient for stress field uniformity.
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